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Abstract
Natural articular cartilage is known to be an excellent bearing material
with very low friction coefficient and wear rate. Theoretical and experimental
studies have demonstrated that the interstitial fluid of cartilage is pressurized
considerably under loading to support the applied load, leading to the low
friction coefficient. In this process, collagen fibrils play a vital role to resist
the lateral expansion of cartilage and enhance the pressurization. The
proportion of the total load supported by fluid pressurization in cartilage,
called the fluid load support, is therefore an important parameter in
biotribology and determined as the main aspect of this thesis.
Fibril-reinforced cartilage models were set up to account for the high
pressurization of interstitial fluid. However, the orientation of collagen fibrils
were idealized or simplified; and the models implementing realistic fibril
orientation derived from DT-MRI data did not include viscous effects in both
the solid matrix and the fibril.
This study overcome the limitation of previous models and the major
finding were:
• The peak value of fluid load support in both 2D and 3D fibril-
reinforced models implementing DT-MRI data was increased to greater than
90% from around 60% in the isotropic poroelastic model, due to the
reinforcement by collagen fibril.
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• The implementation of the realistic fibril orientation in the 3D fibril-
reinforced model increased the value of peak pore pressure (by 15%)
compared to the uniformly reinforced model while the peak contact pressure
was 4.3% lower, making the peak value of fluid load support increase from
80.4% to 96.7%.
• The rationality to define the principal eigenvector as orientation of the
corresponding primary collagen fibril in the fibril-reinforced models was
verified by the related results.
• The feasibility and reliability of the methodologies to implement DT-
MRI data to the fibril-reinforced models were both confirmed in the
modelling process.
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Preface
In Loving Memory of My Mother
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Chapter 1 Introduction and Literature Review
1.1 Introduction
This chapter reviews the literature relevant to the biomechanics and
computational modeling of articular cartilage in the synovial joints. The
material properties of articular cartilage are key factors in determining the
lubrication of the joints. Therefore, the related literature on cartilage
composition and structure including the biphasic lubrication is introduced
first, after a brief review on the biomechanics of the two main synovial joints
- knee and hip. The literature on the computational modelling of cartilage is
reviewed in detail, particularly the fibril reinforced finite element models. As
the collagen fibril orientations used in the models of this thesis were derived
from the Diffusion Tensor Magnetic Resonance Imaging (DT-MRI)
experiments, the related methodologies are also introduced as the
background.
The review begins with a brief introduction to the biomechanics of knee and
hip. The structure of these two largest synovial joints in the human body are
introduced, followed a summary of the motion and loading of the joints.
The second part focuses on the articular cartilage. The detailed composition
and structure of cartilage are reviewed. Then the concepts and viewpoints of
the theory of biphasic lubrication within synovial joints are introduced.
The following section examines the literature relating to the computational
modelling of cartilage. The developments of computational modelling
- 2 -
techniques are discussed. The current methods to set up the fibril reinforced
finite element models are categorized and reviewed individually.
In order to give a better understanding on the background of the thesis, the
final section presents a review on the diffusion tensor MRI.
At the end of this chapter, the rationale and objectives of the project studied
in this thesis are presented.
1.2 Synovial Joints and Biomechanics
The joints of the human body can be classified into three groups: fibrous,
cartilaginous and synovial. Fibrous joints are those in which the bony
surfaces have very little relative motion, a good example being the bones in
the skull. Cartilaginous joints are those in which the bony surfaces have a
little more relative motion such as the joint between two adjacent vertebrae.
The third type are synovial (or diarthrodial) joints, for example the knee joint
and hip joint, which are the joints focused on in this thesis.
1.2.1 Hip joint and knee joint
The hip joint can be considered as a ball-and-socket joint (Figure 1.1). This
arrangement enables the hip to have a large amount of motion needed for
daily activities like walking, squatting, and stair-climbing. The bones of the
hip are the femur and the pelvis. The top end of the femur is shaped like a
ball called the femoral head. The femoral head fits into a spherical socket on
the side of the pelvis. This socket is called the acetabulum. The femoral
head is attached to the rest of the femur (Figure 1.1).
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Figure 1.1 Hip Joint (Orthopaedics,2007)
Articular cartilage is a white and shiny material that covers the ends of the
bones of hip joint (the femoral head and acetabulum in the pelvis). The
function of articular cartilage is to distribute the stress and provide an
articulation resistant to damage with low friction and wear.
The knee joint, the largest and most complex joint in the body, is the junction
of three bones: the femur, the tibia, and the patella. In the knee joint,
cartilage covers the inferior ends of the femur, the superior end of the tibia,
and the back of the patella (Figure1.2). More details of articular cartilage will
be discussed in the following section.
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Figure 1.2 Knee joint (Tandeter et al., 1999).
1.2.2 Motion and load
1.2.2.1 Motion of hip joint and knee joint
As a ball-in-socket joint, the bony structures and ligaments of the natural hip
limit anterior/posterior and medial/lateral translation as well as subluxation
(dislocation); however, it does not generally limit the range of motion of the
hip during normal daily activities. The allowable range of motion of a hip is
shown in Table 1.1 for a selection of daily activities (Stewart et al., 2006).
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Table 1.1 The ranges of motion in the hip during daily activities (Stewart and
Hall, 2006).
Allowable Walking
Tie
Shoe Stairs
Flexion/extension 140°/30° 30°/15° 129° 40°
Internal/external
rotation 90°/90° 4°/9° 18° abd. n/a
Abduction/adduction 90°/30° 7°/5° 13° ext. n/a
abd. = adduction; ext. = extension
Unlike the ball-in-socket geometry of the hip, the femoral and tibial surfaces
of the knee are not a close fit to one another. The variation in geometry
allows a wide range of motion to occur which enables various daily activities.
The allowable ranges of motion in the knee are shown in Table 1.2 for a
selection of daily activities (Stewart and Hall, 2006).
Table 1.2 The ranges of motion in the knee during daily activities (Stewart
and Hall, 2006).
Allowable Walking Sitting Stairs
Flexion/extension 150°/−5° 70°/0°
100°-
120° 70°-90°
Internal/external
rotation ±6°/±30° ±10° n/a n/a
Abduction/adduction 0-10° 0° n/a n/a
In the less conforming knee, the articulation is also supported by menisci
which distribute stress and stabilize the joint as illustrated in Figure 1.2.
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1.2.2.2 Joint loading in hip joint and knee joint
Typical loads measured within the body during various activities for the hip
and knee are shown in Table 1.3. The walking cycle is characterised by two
peaks of load at heel-strike and at toe-off which generally range from 3 to 4
times body weight (BW; Table 1.3; Paul, 1966). Between the two loading
peaks the mass of the body (head and torso) does not exhibit any significant
translation in the vertical direction, so the reaction force during this period is
relatively small.
At toe-off the hip is extended 15° (Table 1.1). The quadriceps muscle acts to
stabilise the knee whilst the gastrocnemius muscle produces plantar flexion
at the ankle. These muscle forces combine to accelerate the body forward
producing the second peak of load in the reaction force curve (Stewart and
Hall, 2006).
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Table 1.3 Joint loading in the hip and knee (Stewart and Hall, 2006).
Activity Reference Hip load Knee load
Walking
Freeman and
Pinskerova 3.4 BW
Paul 3–4 BW 3 BW
Bergmann et al. (in vivo
normal) 2–3 BW
Bergmann et al. (in vivo
defective) 3–4 BW
Stair
ascent/
descent
Freeman and
Pinskerova 4.8/4.3 BW
Costigan et al. 3–6 BW
Paul 4.4/4.9 BW
Bergmann et al. (in vivo
normal) 2–3.5 BW
Bergmann et al. (in vivo
defective) 3.5–5 BW
Rising
from
a chair
Ellis et al. 3.2 BW
Bergmann et al. (in vivo
normal) 1.75–2.25 BW
Rising
from a
squat
Dahlkvist et al. 4.7–5.6 BW
Paul 4.2 BW
(BW = Body Weight)
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1.3 Articular Cartilage
1.3.1 Composition and structure of articular cartilage
Articular cartilage can be considered as a solid matrix saturated with water
and mobile ions. The solid matrix consists of chondrocytes embedded in
extracellular matrix. The two major components of the extracellular matrix
are collagen fibres composed of collagen fibrils and proteoglycans (PGs)
which are large, complex biomolecules composed of a central protein core
with negatively charged glycoaminoglycan (GAG) side chains looking like
bottle-brushes (Figure 1.3; Maroudas, 1975).
Figure 1.3 Schematic depiction of cartilage composition (source:
www.bidmc.org/ Research/Departments/Radiology/ Laboratories/
Cartilage).
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1.3.1.1 Structure of articular cartilage
Articular cartilage can be divided into four different layers, or zones. Moving
from exposed surface to interface with subchondral bone, these layers are
the superficial or the superficial transitional zone (STZ); the middle zone; the
deep zone and the calcified cartilage zone (Figure 1.4).
Figure 1.4 Schematic depiction of articular cartilage’s structure (Buckwalter
et al., 1994)
Superficial zone
The superficial surface zone is the thinnest and forms the gliding surface of
the joint. Collagen and water content are highest in this zone, (water content
is approximately 85%; Maroudas 1979). The chondrocytes appear flattened
and are relatively inactive. Cell volume is smaller, cell density is higher
(Figure 1.4 A) and aggrecan content is lower in the superficial zone
compared to the deeper zones. Collagen fibres are densely packed, have a
small diameter, and are arranged parallel to the articular surface (Figure 1.4
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B; Wong et al., 1996). Collagen and PGs appear to be strongly
interconnected in this zone, which may help the superficial zone to resist
shear stresses produced by motion (Mow et al., 2002).
Middle zone
The middle zone occupies several times the volume of the superficial zone.
The collagen fibres are more randomly arranged and have a larger diameter
than in the superficial zone (Figure 1.4 B, Hasler et al., 1999). The
chondrocytes appear rounded and are larger and more active than in the
superficial zone (Figure 1.4 A). PG content is high in this zone and aggrecan
aggregates are larger than in the superficial zone (Buckwalter et al., 1991).
Deep zone
The collagen fibres have their largest diameters and are arranged
perpendicular to the subchondral bone in the deep zone (Figure 1.4 B;
Hunziker et al., 1997). This zone has the lowest water content
(approximately 60%) and a high PG content (Maroudas, 1975). The
chondrocytes tend to be aligned in radial columns (Figure 1.4 A) and the
synthetic activity of the chondrocytes is highest (Wong et al., 1996 and
1997).
Calcified cartilage zone
The calcified cartilage zone acts as a transition layer between bone and
cartilage. It is separated from the deep zone by an interface plane called the
tidemark (Figure 1.4, Hasler et al., 1999). The cartilage is calcified with
crystals of calcium salts and has low PG content. The collagen fibres from
the deep zone cross the tidemark and insert the calcified zone providing a
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strong anchoring system for the tissue on the subchondral bone (Figure 1.4
B; Hunziker et al., 1997). The thickness of the calcified zone is
approximately 5%, with a range of 3–8%, of the total cartilage thickness
(Oegema et al., 1997). This zone is calcified to the same extent as bone
although less stiff than bone, it is 10-100 times stiffer than cartilage (Mente
et al., 1994).
1.3.1.2 Composition of articular cartilage
Proteoglycans
Proteoglycans (PGs) form approximately 30–35% of the dry tissue weight
(Buckwalter et al., 1991). As large supramolecular complexes, PG is formed
by GAGs and proteins in the extracellular matrix which are associated
through covalent and non-covalent interactions. GAGs attach to a central
chain made of hyaluronic acid (Figure 1.5). The side chains of the PGs can
electrostatically bind to the collagen fibrils to form a cross-linked rigid matrix
(Figure 1.5). So the extracellular matrix of cartilage can be seen as a
composite structure of collagen type II fibrils with intertwining PG aggregates
(Junqueira, 1983).
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Figure 1.5 Schematic depiction of PG structure (Larry W, 2003)
Collagen
Collagen occupies approximately 50–75% of dry tissue weight of articular
cartilage ((Buckwalter et al., 1991; Mow et al. 2002), primarily being type II
collagen (80–85%) with smaller amounts of collagen types V, VI, IX, X, and
XI (Cremer et al., 1998; Hasler et al., 1999). Collagen molecules assemble
to form small fibrils and larger fibres with dimensions varying through the
depth of the cartilage layer (Eyre, 1991; Clarke, 1971 and 1991).
The direction of collagen fibers on the cartilage surface can be determined
by the split-line pattern using a dissecting needle dipped in India ink to insert
into the cartilage (Figure 1.6 (a); Steven et al., 2002 and Brian et al., 2004).
The preferential orientation of collagen fibers could be identified by the
resulting split between the collagen fibers at each needle insertion point
(Figure 1.6 (b); Steven et al., 2002 and Brian et al., 2004).
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(a) (b)
Figure 1.6 (a) Cartilage surface showing the creation of the split lines with a
dissecting needle that has been dipped in India ink; (b) Photograph
showing the split-line pattern of a distal femoral specimen (Steven et
al., 2002).
Collagen fibres are arranged in a columnar manner under the surface zone
(Figure 1.7a; Kaab et al., 1998). Collagen columns are perpendicular to the
surface in the middle and deep zones, with some fibres running obliquely
(Figure 1.7b; Kaab et al., 1998).
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Figure 1.7 Bovine cartilage: (a) Collagen columns run perpendicular to the
surface. (b) A column consists of parallel collagen, perpendicular to the
surface in the deep zone (Kaab et al., 1998).
Collagen fibers do not offer significant resistance to compression along their
axial direction, but do provide stiffness in tension (Akizuki et al., 1986; Roth
et al., 1980). The collagen network resists the swelling of the articular
cartilage: the PG molecules normally occupy a large space when not
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compacted by a collagen network. The compaction of the PGs affects
swelling pressure as well as fluid motion under compression. Hence, the
collagen network provides resistance against swelling and tensile strains
(Mow, 1991).
The stiffness of the collagen network is highly influenced by the amount of
cross-links which can be divided in two different categories of interaction:
One involves physical entwinement not allowing for network disconnection
unless actual fibril breakage occurs (Silyn-Roberts et al., 1990), and the
other does not involve entwinement.
Located at the exterior of the fibrils, type IX collagen appears to play an
important role in stabilising the 3D organization of the collagen network
(Eyre, 1987). It thus contributes to the ability of collagen to resist the swelling
pressure caused by PGs and the tensile stresses developed within the
tissue when loaded (Maroudas, 1976; Mow, 1992).
Covalently linked with collagen type II and buried within the fibrils, collagen
type XI is believed to regulate the size of fibrils (Cremer et al., 1998).
Chondrocytes
Chondrocytes are enclosed within small cavities (called lacunae) occupying
10-20% of the volume of articular cartilage; they are relatively flattened with
elliptical cross-sections in the superficial zone but become more rounded in
the middle zone (A and B in Figure 1.8; Thomas et al., 2005). In the deep
zone, chondrocytes tend to be grouped in vertical stacks and the individual
cell shapes display high variability (Figure 1.8 C; Thomas et al., 2005).
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Figure 1.8 Light micrographs of normal adult human articular cartilage
originating from (a) the superficial zone, (b) the middle zone, and (c)
the lower deep zone (Thomas et al., 2005).
Interstitial fluid
Of the three major components in articular cartilage, the most prevalent (68-
85% weight) is the interstitial fluid which consists of water and small
electrolytes, primarily Na+ and Cl−. Most of the interstitial fluid is free to flow
within the porous solid matrix (Ateshian 2009). Further details of the
interstitial fluid will be discussed in Section 1.4.
1.3.2 Biphasic lubrication of articular cartilage
Researchers have been interested in the lubrication of articular cartilage
from the early part of the eighteenth century (Hunter, 1743). The low friction
and wear of AC layers is attributed to mixed modes of lubrication: (a) fluid
film lubrication by synovial fluid (Dowson et al.,1969); (b) boundary
lubrication by various molecules in synovial fluid and cartilage (Charnley,
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1960; Jay et al., 2001; Radin et al., 1972; Schmidt et al., 2007; Swann et al.
1972; Walker et al., 1968); (c) biphasic lubrication by pressurisation of the
interstitial fluid of cartilage (McCutchen, 1959; McCutchen, 1962; Forster et
al., 1996; Krishnan et al., 2004b). The conception of fluid load support Wp/W
(Forster and Fisher, 1999) - the fraction of the total load (W) supported by
fluid pressurisation (Wp), plays a critical role in the lubrication mechanism of
articular cartilage (Ateshian et al., 1995; Macirowski et al., 1994; McCutchen,
1959; Oloyede et al., 1993 and 1996).
While other models (Gu et al., 1998; Huyghe et al., 1997 and 2002) exist,
most of the recent tribological studies on articular cartilage have centred on
biphasic, boundary and mixed lubrication regimes. This section will focus on
biphasic lubrication mechanism as it is more pertinent to the current study.
1.3.2.1 Interstitial fluid pressurisation
Articular cartilage is highly porous (porosity in the range of 75% - 80%) but
with a very small effective pore size in the range of 2.0 - 6.5 nm (Dowson,
1990). This leads to a very low permeability value in the range of 10−16 -
10−15m4/(Ns). When the tissue is compressed, the flow of interstitial fluid is
thus accompanied by large drag forces and generates pore pressure to
support the applied load (Katta et al., 2008). This proposed mechanism was
described as “self-pressurised hydrostatic bearing” by McCutchen (1959).
Several experimental measurements of interstitial fluid pressurisation in
articular cartilage have been reported in confined and unconfined
compression (Oloyede et al., 1991; Park et al., 2003; Soltz et al., 1998 and
2000a).
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Confined compressive tests have been used extensively to study the creep
and stress-relaxation behaviours of articular cartilage. In a typical stress
relaxation test, a cylindrical cartilage plug is loaded (constant displacement)
with a rigid porous plate (or indenter) in a confined chamber. Importantly, the
confining chamber prevents radial expansion and lateral fluid flow out of the
specimen. Under such a test configuration, fluid exudation and exchange
with the solution reservoir can only happen through the porous plate across
the surface of the cartilage sample (Figure 1.9; Mow et al., 1989).
Figure 1.9 shows the stress and fluid redistribution in cartilage tissue while
under a displacement load (Mow et al., 1989). During the ramped
displacement, stress levels increase in cartilage tissue due to fluid
pressurization. When compressive strain is held constant, fluid
pressurization decreases and stress relaxation takes place in the tissue due
to fluid redistribution, and dissipation of hydrostatic pressure developed
during compression.
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Figure 1.9 The stress-relaxation response shows a characteristic stress
increase during the compressive phase and then the stress decreases
during the relaxation phase until equilibrium is reached (point e). Fluid
flow and solid matrix deformation during the compressive process give
rise to the stress-relaxation phenomena (Mow et al., 1989).
In a confined compressive creep test of Soltz et al. (1998), the interstitial
fluid pressure was observed to rise rapidly to a value equal to the applied
compressive stress once a constant load applied. Then the pressure slowly
subsided back to zero at a rate comparable to that of the creep deformation
(Figure 1.10).
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Figure 1.10 Confined compression creep response of bovine articular
cartilage (square symbols denote experimental data and the solid curve
represents a curve-fit of the experimental response using the biphasic
theory): (a) creep deformation versus time; (b) Ratio of interstitial fluid
pressure to applied stress, at the cartilage face abutting the bottom of
the confining chamber (Soltz et al., 1998).
Since the fluid pressure is equal to the applied stress upon initial load
application (Figure 1.10b) whereas the creep deformation is zero (Figure
1.10a), it is possible to conclude that all applied load is initially supported by
the pressurised interstitial fluid and none by solid matrix. Interstitial fluid
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cannot escape from cartilage instantaneously, the cartilage specimen must
maintain its volume immediately following the application of a step load; but
the specimen is surrounded by rigid walls, so an isochoric (volume-
conserving) deformation cannot occur initially--the only manner by which the
tissue can resist the applied load is via interstitial fluid pressurization. As
time progresses, the pressurised interstitial fluid flows out of the tissue
through the porous indenter, leading to a progressive reduction in fluid
pressure and an increase in solid matrix deformation. Thus, over time, the
load becomes progressively more supported by the solid matrix (Soltz et al.,
1998).
1.3.2.2 Cartilage lubrication by interstitial fluid load support
The rate and direction in which the interstitial fluid can flow in articular
cartilage is ultimately determined by the microstructure of the porous
network, and how it deforms under loading and shearing stresses. The
mechanical properties, deformation response, and friction of cartilage under
compression are therefore also determined by these same factors (Quinn et
al., 2000).
In the late 1950s, McCutchen and co-workers initially proposed an
explanation for the mechanism of lubrication in articular cartilage using the
concept of “self-pressurised hydrostatic bearing”. When two cartilage layers
in the joint are pressed together, the interstitial fluid is pressurised. The
pressurised fluid supports most of the applied load, while only a small
fraction is supported by the solid matrix. The pressurization can remain until
the interstitial fluid exudes into the joint space or other unloaded regions
(Katta et al., 2008). According to this load sharing mechanism, frictional
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forces between the opposing articular layers would be only significant when
the portion of the applied load transfers across the solid matrices of cartilage
(Lewis et al., 1959; McCutchen, 1959, 1962 and 1983).
In an experiment of cartilage disk articulating against glass configuration,
Krishnan et al. (2004) illustrated a linear negative relationship between the
interstitial fluid load support and the coefficient of friction of articular cartilage
(Figure 1.11).
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Figure 1.11 (a)Time-dependent response of the friction coefficient μeff and
interstitial fluid load support Wp/W (b) A linear variation plot of μeff
versus Wp/W (Krishnan et al., 2004).
The phenomenon in Figure 1.11 was first called ‘biphasic lubrication’ by
Forster and Fisher (1996). Measuring the coefficient of friction in an in-vitro
pin-on-plate setup using cartilage against metal and cartilage-against-
cartilage configurations for different loading times, Forster and Fisher (1999)
proposed that the friction force at the articular surface was proportional to
the load carried by the solid phase.
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In order to describe the relationship between the effective friction coefficient
μeff and the interstitial fluid load support Wp/W (Forster and Fisher, 1999) of
articular cartilage, Ateshian (2003) gave a formula:
µeff = µeq [1-(1-φ)Wp/W] 1.1
where µeq is the equilibrium coefficient of friction, φ is the fraction of the
(apparent) contact area where the solid matrix of one of the bearing surfaces
in contact with the solid matrix of the opposing bearing surface (0 ≤ φ ≤1).
Using the formula, Ateshian demonstrated the role of the interstitial fluid load
support in dynamic loading which simulates the joints’ rolling or sliding
contact during normal activities of daily living (Ateshian, 2009).
1.4 Computational Modelling of Articular Cartilage
Experimental studies could provide fundamental information on cartilage
biomechanics. However, they are unable to measure a number of
biomechanical parameters within the tissue particularly the pore pressure
and fluid flow. So it is necessary to use simulation-based numerical
methods, such as finite element analysis to investigate these variables and
interpret the biomechanical and biophysical basis of the experimental
results. With the availability of validated commercial finite element codes
(Wu et al., 1998), the application of such computational models to predict
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articular cartilage behaviour including tribology and fluid load support has
become more achievable (Ateshian, 2009).
As the understanding of the structure and behaviour of articular cartilage has
improved, so have the material models used in finite element models of
cartilage. As the earliest, single-phase constitutive models only considered
the solid phase of the tissue leading to limited capabilities to describe the
time-dependent response which is mainly due to the interstitial fluid flow in
compressed cartilage (Kazemi.et al., 2013).
Accounting for the effects of fluid pressurization, both solid and fluid phases
were considered in the second generation of constitutive models - the
poroelastic or biphasic models. According to the biphasic theory of Mow et
al. (1980), articular cartilage was assumed to consist of an incompressible
porous solid matrix, hydrated with an incompressible fluid. The solid matrix
consists of chondrocytes embedded in an extracellular matrix of which the
major components are collagen molecules and proteoglycans. Loading on
the cartilage and the subsequent tissue deformation causes pressurization
and flow of interstitial fluid. The time dependent mechanical responses of
cartilage (e.g., creep and stress relaxation) was seen as the dissipative
effects of this fluid flow in the biphasic models. The poroelastic model
assumed linear elasticity of the solid matrix, constant permeability and
infinitesimal deformation of the tissue (Biot, 1941). The linear poroelastic
equations are derived from the equations of linear elasticity for the solid
material. But when the cartilage was under high strain-rate compression,
neither poroelastic nor biphasic models had enough capabilities in
describing the short-term, time dependent response (Kazemi et al., 2013).
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Furthermore, the difficultly solved governing equations confines most
analytical work to a simple geometry of cartilage layers. Quiñonez et al.
( 2010) developed the solution of this problem using Laplace transforms, in
the form of an asymptotic series.
The fibril-reinforced models may be considered as the third generation of the
constitutive models for cartilage which can account for high fluid
pressurization in the tissue (Li et al., 1999 and Soulhat et al., 1999). In the
fibril-reinforced models, articular cartilage was considered as an isotropic
porous matrix saturated in water, reinforced by a fibrillar network. The
porous matrix was nonfibrillar, representing the solid matrix excluding the
collagen fibrils. The nonfibrillar matrix was modeled as a continuous linearly
elastic material with Young’s modulus and Poisson’s ratio. The collagen
fibrils were simulated separately with nonlinearly elastic or viscoelastic
properties in different models. The stress of the fibril-reinforced material was
given by the sum of the porous matrix and the fibrillar network.
Compared to the second generation of constitutive models without fibril
reinforcement, a fibril-reinforced model could reasonably predict the stresses
in the cartilage under fast compressions (Li et al., 2003) while the fibrillar
nonlinearity was stressed.
From the view of simulating the tissue structure, the constitutive models of
cartilage were classified as two types: the macroscopic models without
consideration of the underlying tissue structure and the microstructural
models mimicking the fibrillar network and the nonfibrillar matrix separately
(Taylor et al., 2006).
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The macroscopic models characterized cartilage only on the basis of its bulk
mechanical response and masked the different load-supporting manner of
each individual component of the tissue. Both the single-phase and the
poroelastic (or biphasic) models were designated as macroscopic models
since they lump all of the solid tissue components together (Taylor et al.,
2006). Differentiating contributions of the collagen fibrillar network and the
nonfibrillar matrix of cartilage, the fibril-reinforced poroelastic models were
treated as microstructural models. Such models naturally incorporated the
anisotropic mechanical property as a result of the specific arrangement of
collagen fibrils (Taylor et al., 2006).
1.4.1 The biphasic background
According to the biphasic theory of Mow et al. (1980), articular cartilage is
assumed to consist of an incompressible porous solid matrix, hydrated with
an incompressible fluid. As introduced in Section 1.3, loading on the
cartilage and the subsequent tissue deformation causes pressurization and
flow of interstitial fluid. The time dependent mechanical responses of
cartilage (e.g., creep and stress relaxation) is seen as the dissipative effects
of this fluid flow.
Assuming the fluid phase is inviscid, Simon (1992) proved the equivalence
between the linear biphasic model (Mow et al. 1980) and the poroelastic
model of Biot (Biot, 1941). So poroelasticity is an effective means to
represent the material property of articular cartilage. In order to describe the
mechanical behaviour of cartilage, at least an isotropic linear poroelastic
model should be used in the computational modelling. This model assumes
linear elasticity of the solid matrix, constant permeability and infinitesimal
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deformation of the tissue. The linear poroelastic equations are derived from
the equations of linear elasticity for the solid material.
1.4.2 The macrostructural FE models of articular cartilage
1.4.2.1 The isotropic poroelastic model
The isotropic poroelastic model has been used to simulate the loading
experiments of articular cartilage such as confined compression (Ateshian et
al., 1997; Bursac et al., 1999), unconfined compression (Bursac et al., 1999;
Armstrong et al., 1984), indentation (Mak et al., 1987; Mow et al., 1989; Suh
et al., 1994), and impact (Atkinson et al., 1995; Garcia et al., 1998).
The isotropic poroelastic model describes the time-dependent deformation of
articular cartilage coming from the interstitial fluid flow. However, important
features like tension-compression nonlinearity of cartilage caused by the
large disparity in the very high tensile modulus compared with the low
compressive modulus has not been included. This means that the isotropic
poroelastic model cannot give the satisfied simulation of the unconfined
compression tests of articular cartilage, although it does simulate the
experimental results of confined compression well.
1.4.2.2 The transversely isotropic poroelastic model
In the simulation of unconfined compression, good agreement between
theoretical predictions and experimental measurements of the cartilage
deformation was found to be achieved only after incorporating tension–
compression nonlinearity in the modelling of cartilage solid matrix (Cohen et
al., 1998; Soulhat et al., 1999) i.e. using transversely isotropic poroelastic
model. Similar results happened to the interstitial fluid pressurisation: the
peak interstitial fluid load support was measured to be as high as 99% in
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some cartilage specimens, whereas the simple isotropic model could only
predict a peak value of 33% when using the isotropic poroelastic model
where tensile and compressive properties are assumed identical. When
accounting for tension-compression nonlinearity, the modified model could
predict a fluid load support approaching 100% as the ratio of the tensile to
compressive moduli increases in excess of unity (Park et al., 2003; Soltz et
al., 2000b).
This finding shows the interstitial fluid pressurisation is greatly aided by the
nonlinearity between the very high tensile modulus and the low compressive
modulus of cartilage tissue. Although articular cartilage is primarily loaded in
compression under physiological articular contact, it is now understood that
the axial compression of the tissue is resisted by the high tensile modulus
which prevents significant expansion in the directions transverse to the
loading axis. In effect, the high tensile stiffness acts as the rigid side-wall of
a confining chamber to resist lateral expansion; thus, even in unconfined
compression, the interstitial fluid must pressurise noticeably to support most
of the applied compressive stress. This observation considerably clarifies the
functional role of collagen in articular cartilage, whose structure is best
suited to resist tension, even though articular cartilage is normally subjected
to compression. Since collagen is parallel to the articular surface in the
superficial zone, this ultrastructural organisation appears to be optimised to
provide the greatest amount of interstitial fluid load support at the articular
surface (Ateshian, 2009). This was confirmed experimentally in a
comparison of interstitial fluid load support at the articular surface versus the
deep zone by Park et al. (2003): the fluid load support was 94±4% at the
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articular surface, but only 71±8% at the deep zone of immature bovine in
articular cartilage.
Cohen et al. (1998) employed transverse isotropy to approximate the
tension-compression nonlinearity for unconfined compression of in articular
cartilage plugs (Table 1.4) where the tissue is in tension in the transverse
plane (within which the modulus is high), and in compression in the axial
direction (along which the modulus is significantly lower). This model
considers cartilage depth-wise homogeneous and indirectly simulates the
different properties in tension and compression, although it does provide
better curve-fits of the experimental data than the linear biphasic poroelastic
model in cartilage modelling (Cohen et al., 1998).
Table 1.4 Transversely isotropic biphasic properties of bovine distal ulnar
growth plate and chondroepiphysis obtained from confined and
unconfined compression tests (means ± std. dev.): (a) elastic moduli;
(b) permeability coefficients (Cohen et al. 1998)
(a)
E3[MPa]
compression
E1[MPa]
tension v21 v31
Growth plate 0.47 ±0.11 4.55 ±1.21 0.30±0.20 0.0
Chondroepiphysis 1.07 ± 0.27 10.63 ± 2.72 0.30±0.26 0.0
(b)
k3 axial
[×10−15m4/(Ns)]
k1 radial
[×10−15m4/(Ns)] n/a n/a
Growth plate 3.4 ± 1.6 5.0 ± 1.8 n/a n/a
Chondroepiphysis 2.1 ± 1.0 4.6 ± 2.1 n/a n/a
When Bursac et al. (1999) tested the same cartilage samples in confined
compression, measuring the radial normal stress on the confining chamber’s
side wall; they found stress magnitudes two to three times smaller than
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predicted by the transversely isotropic model. This pointed out the limitation
of simulating tension-compression nonlinearity with transverse isotropy.
1.4.3 The microstructural FE models of articular cartilage
1.4.3.1 The fibril-reinforced poroelastic model
In order to overcome the limitation of transversely isotropic poroelastic
model on simulating tension-compression nonlinearity of articular cartilage,
the fibril-reinforced models are used. In these models, the fibril network
(collagen network) contributes to the mechanical stiffness of the material, in
addition to the isotropic matrix. The total solid stress σt of the fibril-reinforced
material is given by the sum of the matrix stress σm and fibril stress σf i.e.
σt = σm + σf. By defining the nonlinearly viscoelastic, direction and location
dependent mechanical properties of collagen fibrils, the anisotropy caused
by the collagen network and flow-independent viscoelasticity of articular
cartilage can also be included (Li et al., 2009).
Similar to the isotropic models, the nonlinearly viscoelastic equations of the
mechanical properties of collagen fibrils in the fibril-reinforced models are
also derived from the equations for the solid material. These equations, such
as Fung’s quasi-linear viscoelasticity (Fung, 1993, Section 7.6, Page 277-
279), extend elastic formulations by incorporating the reduced relaxation
functions G(t) - a normalized function of time (Fung 1993, Page 280). The
relaxation functions can effectively convert constant elastic moduli (e.g., λ
and μ) into functions of time t. Isotropic symmetry is assumed normally so
that the tensile stress in a cylindrical specimen under an infinitesimal stretch
(small deformation), at time t with the superposition principle applies (Fung
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1993, Page 278-279), may be presented in the form of a convolution integral
(Fung 1993, Page 279):
ܶ(ݐ) = ܶ(௘)(0 +)ܩ(ݐ) + න ܩ(ݐ− )߬ ∂ܶ(௘)[ߣ( )߬]
∂߬
݀߬
௧
଴
1.2
where the ‘elastic response’ T(e)(λ) is a function of λ (Fung 1993, Page
278) and λ named the ‘stretch ratio’ for one-dimensional specimen loaded in
tension (Fung 1993, Page 29); the ‘reduced relaxation function’ G(t) is
typically analyzed into exponential function of time (Fung 1993, Page 280)
which can be written as (Fung 1993, Page 283):
ܩ(ݐ) = 1ൣ + ∫ (ܵ )߬݁ି௧ ఛ/ஶ
଴
݀ ൧߬ൣ1 + ∫ (ܵ )߬ஶ
଴
݀ ൧߬
ିଵ 1.3
‘The continuous spectrum model described above can be replaced by a
discrete spectrum model based on a hypothetical combination of Kelvin's
standard viscoelastic discrete models (Puso et al., 1998). In this case, the
reduced relaxation function can be written as a series of combinations of the
discrete relaxation functions such as:
ܩ(ݐ) = ܩஶ + ∑ ܩ௜ே೏௜ୀ଴ ݁ି௧ ఔ೔/ 1.4
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Here, G∞ = G(∞); Gi is the discrete moduli; ߥi is the discrete relaxation time.’ -
equivalence between the two previous equations requires G∞ = 1 (Suh et al.,
1998).
These equations are used to derive the contribution of the fibrillar cartilage
part to the Jacobian matrix [ܦ] which is demanded in the commercial FE
package ABAQUS (Dassault Systemes, Suresnes Cedex, France).[ܦ] = ߲߂ߪ ߲߂ߝ/ , where Δ߲ߪ are the stress increments and Δ߲ߝare the strain
increments at a specific iteration of simulation (Abaqus User Subroutines
Reference Manual 1.1.36 ‘‘UMAT”).
1.4.3.2 Comparison of various fibril-reinforced models
Four kinds of fibril-reinforced models i.e. spring model (Soulhat et al., 1999;
Li et al., 1999-2003), continuum model (Li et al., 2004 and 2009; Wilson et
al., 2004; 2005a; 2006 and 2007), nonlinear shell membrane element model
(Shirazi et al., 2005 and 2007) and rebar-based model (Gupta et.al., 2009)
can be found in the literature simulating confined compression (CC),
unconfined compression (UCC), indentation and swelling test (Table 1.5).
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Table 1.5 Fibril-reinforced FE models of articular cartilage.
Authors Configurations Modelling details
Spring-
based
models
Li et
al.,1999 UCC
Nonlinear formulation;
homogeneous.
Li et
al.,2000 UCC
Depth-dependent material
properties.
Li et
al.,2001
UCC versus
Release Unequal load increments.
Li et
al.,2002 UCC
Healthy and pathological
situation.
Li et
al.,2003
UCC (Strain rate
and amplitude
varying)
High strain rates.
Korhonen et
al., 2003 UCC
Mechanical behaviour of normal,
PG depleted and collagen
degraded AC.
Continuum
element
models
Li et al.,
2004
UCC
(large deformation)
Fibril reinforcement versus tissue
volume change; load sharing
between solid matrix and fluid
pressurization; comparison of
spring model and continuum
model.
Li et
al.,2009
UCC; CC;
indentation
3D fibril orientation; split-line
pattern.
Wilson et
al., 2004;
Indentation; UCC;
CC
Depth-dependent collagen
orientation and the compression-
tension nonlinearity
Wilson et
al., 2005a
UCC; CC;
indentation and
1D-swelling tests
Depth-dependent collagen
orientation and the compression-
tension nonlinearity; osmotic
swelling and chemical expansion.
Wilson et
al., 2006
UCC; CC;
indentation; 1D-
swelling tests.
New laws for viscoelastic
behaviour and permeability of
the collagen network.
Wilson et
al., 2007
UCC and CC;
indentation and
1D-swelling tests
Intra- and extra-fibrillar water
content; influence of the solid
fraction on the compressive
properties.
Julkunen et
al., 2007
and 2008
UCC
Realistic collagen orientation
(using PLM and MRI
respectively).
Julkunen et
al., 2010
UCC;CC;
indentation (strain
rate varying).
Fractional factorial design.
Membrane
element
models
Shirazi et
al., 2005
Indentation;
UCC and CC
Individual adjustment of collagen
volume fraction and mechanical
properties.
Shirazi et
al., 2008 Indentation
Horizontal and vertical membrane
elements.
Rebar-
based
model
Gupta et al.,
2009 Nano indentation
Frictionless, finite sliding contact;
evolving indenter surface fluid
flow boundary condition.
The spring-
In spring-based models, fi
nodes of the elements and can only be represented in the direction of the
elements. The most sophisticated spring
those of Li et al.
modelled as an isotropic solid matrix containing fluid
entrapped by a fibrillar network (Figure1.
Figure1.12 Diagram of the model showing the isotropic matrix (containing
pores) and the fibrils e
directions (Li
The isotropic matrix with pore fluid is considered as poroelastic, where both
the solid and the fluid phases are assumed to be incompressible. These
fibrils have no resistance to com
compression is assumed to be zero. The effect of lateral deformation of
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based models
brils are represented by springs between the
-based fibril-reinforced models are
(1999-2003). In their earlier models,
12).
venly distributed in the three orthogonal
et al., 1999).
pression, i.e. the Young's modulus for
the cartilage is
-saturated pores
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every single fibril is also neglected. The only fibril stress considered is the
tensile stress produced by stretching in the radial direction. This is a
reasonable approximation given the slenderness of the collagen fibrils and
their high stiffness in tension. Thus the fibrils employed in the model are
one-dimensional (1D) nonlinear structural elements which do not support
compression. An elastic theory applies to the fibril constituent while a
poroelastic theory is employed for the biphasic component (Li et al., 1999).
The displacements are interpolated at all nodes and are thus quadratic. The
pore pressure is interpolated at the four corner nodes only and thus gives a
bilinear variation within an element. On the other hand, the fibrils are
represented by a system of special springs which resist tension only. Vertical
springs are not necessarily presented when the contacts are non-adhesive,
since they will undergo compression and thus develop no stress (pre-
stresses are not considered due to lack of such data). The total stiffness of
the horizontal fibrils within one continuum element domain is distributed
between one longer and four shorter springs (Figure 1.13).
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Figure 1.13 Mesh for the finite elements illustrating also the arrangement of
spring elements in a porous continuum element. Displacements are
interpolated by all nodes, but the pore pressure is interpolated by four
corner nodes only (Li et al., 1999).
It is assumed that the longer spring shares 2/3 of the total stiffness in order
to guarantee a uniform stress state when a uniform strain is produced. The
stiffness of the vertical springs can be determined in a similar way (Li et al.,
1999).
Using spring elements is an effective and economical method to represent
the fibrillar matrix of articular cartilage in finite-element computational
modelling. The spring-based fibril-reinforced biphasic models have been
applied in unconfined compression, mainly for the characterization of the
role of the collagen network in cartilage time-dependent response (Soulhat
et al., 1999 and Li et al., 1999-2003). The most significant difference
- 38 -
between the spring-based fibril-reinforced and the transversely isotropic
model is that the fibrils in the first model resist only tension, while the second
one has the same stiffness in compression and tension.
The continuum fibril-reinforced model
In the spring-based fibril-reinforced biphasic models, the standard porous
element was adopted for the non-fibrillar matrix containing fluid; and the
fibrillar matrix was discretised into two-node spring elements that were
attached to the eight-node porous elements. This leads to the deformation
incompatibility between the discretised matrices, and thus the validity of the
discretisation. Therefore, a user-defined continuum element was introduced
for the fibrillar matrix embedded in each porous element. Both the non-
fibrillar and the fibrillar part of the solid matrix were included in one
continuum element. The fibrillar continuum element shares the same nodes
and geometry with the corresponding porous element. So this approach
does not result in deformation incompatibility between the discretised
matrices (Li et al., 2004).
The continuum fibril-reinforced poroviscoelastic (FRPVE) models of Wilson
et al. (2004 and 2005a) include depth-dependent collagen orientation and
takes into account the compression-tension nonlinearity of AC. The primary
collagen fibrils were assumed to be viscoelastic and were represented by a
linear spring with stiffness E0, parallel to a nonlinear spring with stiffness E1
= Eε × εf (Eε is a positive material constant and εf is the fibril strain) in series
with a linear dashpot with damping constant η. The FRPVE model was
successfully used to describe confined compression, unconfined
compression and indentation (Wilson et al., 2004 and 2005a).
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To account for the transient behaviour as well, the composition-based model
(Wilson et al., 2007) must be extended to include viscoelastic behaviour. It
was combined with the FRPVE model and expanded with a new
permeability law and a new law for the viscoelastic behaviour of collagen
network. The new permeability law is based on the assumption that both the
depth- and strain-dependencies of the permeability are governed by the
same mechanism and are the direct result of the composition of the tissue.
The combined model could simultaneously describe the behaviour of
articular cartilage in confined compression, unconfined compression,
indentation and two different 1D-swelling tests (Wilson et al., 2006).
In order to set up the sample-specific FE models, Julkunen et al. (2007)
derived specific collagen orientation patterns from quantitative microscopic
analyses and depth-wise T2 profiles (Julkunen et al., 2008), then
implemented realistic collagen architecture into the depth-dependent FRPVE
model (Wilson et al., 2004 and 2005a). The implementation of collagen
orientation into the FRPVE model enabled more realistic estimation of the
spatial, depth-dependent stress and strain distribution in articular cartilage,
as compared to models with homogeneous fibril distribution (Korhonen et al.,
2003 and Li et al., 1999).
Recently, Li et al. (2009) and Pierce et al. (2010) successfully implemented
the realistic orientation of collagen fibril into the fibril-reinforced continuum
models. The fibril orientation was derived by the split-pattern and Diffusion
Tensor (DT) Magnetic Resonance Imaging (MRI) method respectively.
Generally speaking, the discrete model with the fibrillar spring system
appeared to be slightly stiffer than the model consisting of continuum
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elements only due to the deformation incompatibility between the discretised
matrices, especially at larger strains (Li et al., 2004).
The membrane shell element model
Neither the spring-based nor the continuum fibril-reinforced model explicitly
accounts for the important physical properties of the tissue, such as
nonlinear stress–strain curves of the fibril networks at different locations and
directions. To modify these models, Shirazi et al. (2005 and 2007) used
membrane shell elements to directly represent fibril network in both
axisymmetric and 3D model studies.
In the nonlinear membrane element fibril-reinforced model, the solid isotropic
porous matrix of the cartilage filled with water is represented, in a 3D mesh,
by 8-node or 20-node elements with regular or reduced integrations. The
pressure field is taken linear in different directions while the displacement
fields are either linear or quadratic. The fibrils are introduced by four-node or
eight-node shell membrane elements with, respectively, linear and quadratic
displacement fields. The collagen fibrils in the plane of membranes are
assumed to be homogeneously distributed in all directions.
Despite such distribution, a direction-dependent response prevails due to the
strain-dependency in the fibrils material properties and anisotropy in the
strain field. At each step of loading, principal strain directions in the plane of
membranes are taken as the material principal axes. The stresses in these
principal directions are subsequently evaluated based on the total principal
strains (Figure1.14) and fibrils stress–strain curve (Haut et al., 1972; Morgan
1960). Equal principal strains would generate an isotropic material modulus
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matrix while any non-positive principal strain results in a zero (or near-zero)
diagonal component in the corresponding modulus and stress matrices.
Finally, these tensors are transformed back to the local membrane directions
and used in subsequent manipulations (Shirazi et al., 2005).
Figure 1.14 A typical shell membrane element with material principal axes
that are oriented along the principal strain directions in the plane of the
membrane at any given integration point I. The tangent modulus matrix
in this system is also shown neglecting the cross coupling terms
between incremental normal stresses and strains (i.e., ν = 0). (Shirazi
et al., 2005).
For the axisymmetric models, the principal directions lie along the
membrane element in the radial plane and along global circumferential
direction. In the initial configuration, membrane elements can arbitrarily be
oriented in any direction in the radial plane. The formulation of these
membrane elements with nonlinear material properties was introduced in the
ABAQUS via the subroutine. In the finite element mesh, the thickness of the
entire membrane element for each solid matrix element is initially calculated
based on the fibril volume fraction in that direction. This thickness is
subsequently subdivided equally between two membrane elements when
using solid elements with linear displacement fields, or with proportions of
2/3 for the middle element and 1/6 for the side elements when considering
solid elements with quadratic
2005).
Figure 1.15 Finite element mesh of the model showing the arrangement of
horizontal and vertical membrane elements in a typical axisymmetric
porous continuum element
The rebar-based fibril
Prior fibril-reinforced
elements (Soulhat
elements (Shirazi
continuum elements (Wilson
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displacement fields (Figure1.15
(Shirazi et al., 2005).
-reinforced model
models have represented fibres as 1D nonlinear spring
et al., 1999 and Li et al.,1999-2003), 2D membranes
et al., 2005 and 2007), and user defined embedded
et al., 2004 and Li et al., 2
Shirazi et al.,
009). Unlike all of
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those models, the fibrillar collagen component was introduced by Gupta et
al. (2009) as 1D rebar elements embedded into the non-fibrillar proteoglycan
matrix. Rebar elements have two geometric properties: orientation angle and
cross-sectional area, both of which determine the volume fraction of fibres in
the model. To model the tension-compression nonlinearity of the collagen
fibres and the collapse of the fibres in compression, the individual rebar
elements resisted only tensile stresses. The dimension of the cartilage
surface elements was 1% of the indenter radius to ensure an accurate
computation of the contact area.
1.4.3.3 Comparison of element types used in fibril-reinforced FE
models
Deferent types of elements used in fibril-reinforced FE models implementing
collagen fibril direction are compared and the results are displayed in Table
1.6.
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Table 1.6 Comparison of different element types to implement collagen fibril
direction in fibril-reinforced FE models:
Element
Type
Author
Model Details
Definition of
fibril
direction
Method to
implement
Pros Cons Potentials
1D Rebar
Gupta
et al.,
2009
Oriented at
00, ±300,
±600 from r,
z and θ 
axes.
Embedde
d element
The
simplest
model
without
subroutine
.
Unrealistic
fibril
direction.
Define
principal
eigenvector
as rebar
element.
2D
Continuum
Wilson
et al.,
2004
Arcade
model*. UMAT
3D
architectur
e of fibrils;
Only be
valid in
central
part of
load
bearing
cartilage.
3D
Continuum
L. P. Li
et al.,
2009
Split-line
pattern.
UMAT
Realistic
orientation
of
collagen
fibril in
superficial
layer.
Fibril
direction
in deep
layers
may not
be same
as split-
line.
Split-line in
deep layers;
or
eigenvector
in whole
cartilage.
3D
Continuum
(Brick)
Pierce
et al.,
2010
Eigenvector
of DT-MRI
(correspond
ing to the
first
principal
eigenvalue).
Convex
strain-
energy
function
Ψ.
Estimate
fibril
principal
directions
and
dispersion
directly
from DT-
MRI data.
The
software
package
FEAP is
not
available.
Evaluate
cartilage
matrix
integrity(in
Abaqus).
* Benninghoff (1925)
1.4.3.4 Methods to define collagen fibril orientation
As mentioned in Table 1.6, various patterns were used to define collagen
fibril orientation in different fibril-reinforced FE models. The detailed methods
are introduced below:
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Method of rebar element
In the 2D axisymmetric fibril-reinforced FE model of Gupta et al. (2009),
rebar element was used to model the tension-compression nonlinearity of
the randomly oriented collagen fibrils in young porcine costal cartilage. The
individual rebar elements could only resist tensile stress. The random fibril
distribution was mimicked through fifteen different fibril orientations: Fibrils
were oriented at 0˚, ±30˚ and ±60˚ from the radial (r), axial (z) and
circumferential (θ) axes - six directions in each coordinate plane and totally
fifteen directions as each coordinate axis was used twice in different plane
(Figure 1.16).
Figure 1.16 The porous, nonfibrillar matrix of cartilage is represented with
2D pore pressure elements and the randomly distributed collagen fibrils
are modeled with 1D embedded rebar elements oriented in 15 different
directions at 0˚, ±30˚ and ±60˚ from the r, z and θ axes (Gupta et al., 
2009).
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Method of arcade model
Wilson et al. (2004) implemented the orientation of both the primary and the
secondary collagen fibril in their 2D axisymmetric fibril-reinforced
poroviscoelastic model using continuum elements.
According to the arcade model of Benninghoff (1925), the 3D collagen
network was captured as a combination of large primary collagen fibrils and
smaller secondary fibrils.
The primary collagen fibril bundles extend perpendicularly from the
subchondral bone, splitting up close to the articular surface into fibrils which
curve to a horizontal course. Each vertical bundle was assumed to split up in
four different fibril directions, curving in radial and circumferential directions
(Figure 1.17).
In the deep zone, the average angle of the primary fibrils with respect to the
r-axis as implemented in the FE model was 90˚. In the middle and superficial
zone this angle decreased to become zero at the articular surface.
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Figure 1.17 Orientation of the primary fibrils as a function of depth. Right:
cartoon of the arcade model of Benninghoff (1925). Left: Orientation of
four primary collagen fibrils as implemented in the model (Wilson et al.,
2004).
The orientation of the secondary fibrils was assumed to be random
(Benninghoff, 1925). The network of secondary fibrils was represented by a
relatively homogeneous 3D network of fibrils, running in the r-, θ- and z-
directions, in the bisector of the coordinate planes and in all directions with
equal angles with respect to the r-, θ-and z-axis - totally 13 different
orientations of the secondary fibrils at every integration point (Figure 1.18).
Secondary fibrils are relatively short and provide an extra matrix stiffness in
the corresponding direction.
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Figure 1.18 Schematic representation of the 13 different orientations of the
secondary fibrils at any arbitrary point in the fibrillar matrix (Wilson et
al., 2004).
Method of split-pattern
Although the two methods can implement collagen fibril orientation to the
fibril reinforced models, the orientations used are idealised without detailed
realistic information from experiments. The split-pattern method introduced
in Section 1.3 has been used to derive the realistic fibril orientation (Figure
1.19) in Li et al. (2009).
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Figure 1.19 Primary collagen orientations of a piece of articular cartilage
located on a distal femur. Four different fiber orientations were
considered as shown with A, B, C and D zones. The size of the tissue
considered is 14 × 10 × 2 mm with 2 mm in the depth (Li et al., 2009).
The other method to derive realistic orientation of collagen fibril is the
diffusion tensor (DT) MRI, which was also successfully employed in Pierce
et al. (2010). The related information is reviewed the following section.
1.5 Diffusion Tensor Magnetic Resonance Imaging of
Articular Cartilage
As stated in Table 1.6, both ‘split-line pattern’ and DT-MRI can be used to
derive realistic direction of collagen fibril in AC. However, DT-MRI is the only
non-invasive method to probe the underlying microstructure of AC. Although
previous MRI study of arthritis was largely confined to the assessment of
cartilage thickness, geometry and volume (Eckstein et al., 1995 and
McGibbon et al., 2003), it does have the potential to investigating the nature
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of fluid dynamics in AC through its ability to distinguish between moving and
stationary fluids (Callaghan et al., 1991).
1.5.1 Diffusion tensor magnetic resonance imaging (DT-MRI)
In the mid-1980s, the basic principles of DT-MRI were combined with MR
imaging principles to encode molecular diffusion effects in the MR signal
(Bihan et al., 1985; Merboldt et al., 1985 and Taylor et al., 1985). Molecular
diffusion refers to the random translational motion of molecules resulting
from the thermal energy carried by these molecules. During their random
diffusion-driven displacements, molecules probe tissue structure at a
microscopic scale well beyond the usual image resolution: during typical
diffusion times of about 50 msec, water molecules move in articular cartilage
bouncing, crossing, or interacting with many tissue components such as
fibers or macromolecules (Denis et al., 2001). This made DT-MRI the only
means to observe diffusion in vivo noninvasively accompanying access to
both superficial and deep organs with high resolution.
Diffusion is expected to be anisotropic in the structurally aligned collagen
fibrillar architecture of AC (Jeffery et al., 1991), the self-diffusion of the water
molecules can therefore only be fully characterized in terms of a 3 ਀ 3
diffusion tensor describing both the magnitude and direction of the diffusion
in 3-dimensional space (Basser et al., 1994).
1.5.2 The primary collagen orientation of articular cartilage
Meder et al. (2006) and Filidoro et al. (2005) suggested that the principal
eigenvectors (corresponding to the maximum eigenvalue) of the water
diffusion tensor follow the collagen fibre directions: On the timescale of the
DT-MRI measurements, water molecules diffuse over distances of a few
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microns (Meder et al., 2006), which is much larger than the diameter (~ 40
nm) of the collagen fibrils themselves (Langsjo et al., 1995). Consequently
the diffusion of water in cartilage is restricted by the presence of the collagen
fibre bundles. This restriction is greatest in a direction normal to the fibres,
leading to a lower diffusivity in this direction and a correspondingly higher
diffusivity parallel to the direction of the local fibre orientation.
The principal eigenvector can be represented by a “quiver” plot, where each
quiver represents the projection of the principal diffusion eigenvector on to
the image plane. For each pixel of the DT-MRI grid, the principal eigenvector
was projected to one of the global planes. Then all of the projections in the
same plane were attached on the bottom of the corresponding pixel to
create the 2D quiver plot. The 2D quiver plot of the collagen fibril derived by
Meder et al. (2006) is displayed in Figure 1.20.
Figure 1.20 2D quiver plots of the collagen fibril, (a) before compression and
after two subsequent compressions (b) by 18% and (c) by 29% of the
original cartilage thickness, respectively (Meder et al. 2006).
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The collagen fibril alignment angles of bovine articular cartilage obtained
from diffusion-tensor imaging (DTI) were compared with those from
polarized light microscopy (PLM) by Visser et al. (2008). For the five
samples studied, the shapes of the depth profiles of the PLM and DTI
alignment angles were qualitatively similar. This result supports the use of
DTI for the quantitative measurement of collagen fibril alignment in cartilage.
Recently, Pierce et al. (2010) derived 3D quiver plots of cartilage collagen
fibrils which seems more realistic (Figure 1.21) and implemented them to the
related fibril reinforced model.
Figure 1.21 3D quiver plots of the cartilage collagen fibril (Pierce et al., 2010).
However, DT-MRI measurements in the deep zone of cartilage were difficult
to realize due to the low water content and the signal presented was very
low (Pierce et al., 2010). This may lead to the shortage of diffusion tensor
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measurements in the deepest part of the cartilage sample. Due to the image
noise, the length of the MRI pixel grids may also be shorter than the sample.
1.6 Summary of the literature review
In order to gain better understanding of fundamental lubrication mechanism
of articular cartilage, the related literature on cartilage biomechanics and
lubrication were reviewed, followed by the review of the related
computational models and the brief introduction on DT-MRI.
Implementing the realistic collagen fibril orientation derived from DT-MRI
data, the fibril-reinforced model of Pierce et al. (2012) is the most realistic,
comparing to the others with idealized (Gupta et al., 2009) or simplified fibril
orientation (Li et al., 2009 and Rasanen et al., 2012). However, the model in
Pierce et al. (2012) did not include viscous effects in both the solid matrix
and the fibril. In order to set up the more realistic fibril-reinforced model, it is
necessary to employ the material model of Li et al., 2009 and implement the
collagen fibril orientation defined by DT-MRI data as Pierce et al. (2012) did.
1.7 Project Aims and Objectives
Rationale:
The effect of composition and structure of articular cartilage, particularly the
realistic collagen fibril orientation, on fluid load support have not been
investigated in details. This provides an ideal opportunity to develop the
computational models incorporating FE analysis and DT-MRI data to present
a better understanding of fundamental lubrication mechanism of articular
cartilage.
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Aims:
The aim of this project is to develop more realistic fibril-reinforced
computational models that incorporate FE analysis and DT-MRI data, with
the better interpretation of interstitial fluid pressure and load support in
cartilage.
Objectives:
1) To set up an isotropic poroelastic FE model to predict fluid load
support in cartilage.
2) To provide the more detailed analysis of the collagen fibril orientation
defined by the principal eigenvector of diffusion tensor, in contrast to
the literature, and verify the rationality of the definition.
3) To develop the method to implement DT-MRI data in the fibril-
reinforced models.
4) To set up the 2D fibril-reinforced poroelastic models implementing
DT-MRI data and “user material” option in ABAQUS to overcome the
limitation of previous models; compare the results with (1).
5) To extend the 2D fibril-reinforced model to 3D one to predict fluid load
support in articular cartilage.
6) To simulate the model with experimental results using the 3D model,
and validate the feasibility and reliability of the methodologies to
implement the DT-MRI data to the fibril-reinforced models.
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Chapter 2 Analysis of Diffusion Tensor Magnetic Imaging
Data
2.1 Introduction
In articular cartilage, water molecules diffuse over distances of a few
microns which are much larger than the diameter (~ 40nm) of the collagen
fibrils (Langsjo et al., 1995). Consequently the diffusion of water in cartilage
is restricted by the presence of the collagen fibre bundles. This restriction is
greatest in a direction normal to the fibres, leading to a lower diffusivity in
this direction and a correspondingly higher diffusivity parallel to the direction
of the local fibre orientation (Meder et al., 2006 and Filidoro et al., 2005).
High resolution DT-MRI provides the detailed information of water and water
flow (Visser et al., 2008), as well as the composition and structure of
articular cartilage. Once a DT is derived in terms of a 3 ਀3 matrix for each
pixel grid of MRI, its eigenvalues and the corresponding eigenvectors can be
calculated by diagonalizing the matrix. The eigenvectors are independent of
the scanner coordinates, representing the three principal directions of this
DT and their magnitudes within the tissue. The principal eigenvector
corresponding to the maximum eigenvalue of a DT follows the direction of
the collagen fibril within the corresponding MRI pixel grid (Meder et al., 2006
and Filidoro et al., 2005).
In order to verify the rationality of the DT-MRI data to represent the collagen
fibril orientation in articular cartilage, their relationship is introduced first in
this chapter; and the methods to analyze the DT-MRI data, the results of the
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analysis and the discussion of the results are also described. The
information on the direction of the fibres was then used in Chapter 3 to
determine the material model.
The first section of the chapter introduces the definition of the orientation of
the collagen fibril using DT-MRI results, together with the two kinds of
method to analyze the DT-MRI data. The detailed analysis results of the DT-
MRI data is presented in the second section. The last section discusses the
DT-MRI results and verifies its consistency with the literature. The rationality
to implement the DT-MRI data to the FE models representing the collagen
fibril orientation is also verified in the mean time.
2.2 Method to Analyze the DT-MRI Data
2.2.1 Material
A high resolution 9.4T DT-MRI was performed by Dr Robin Damion (School
of physics, University of Leeds), on the cross-section of a cylindrical articular
cartilage specimen (through the symmetric axis) with 6.0 mm diameter and
1.36 mm thickness (Fermor et al., 2013; Figure 2.1). Specimens were
collected from the patellofemoral grooves of an 18 month old bovine knee
joints (stored frozen in Ringer’s solution and used within a month of
collection).
Z
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2.2.3 Method for analysing the principal eigenvectors
The DT-MRI data particularly the principal eigenvectors were analysed
through two steps using different method: the direct observation of 2D quiver
plot and the quantitative analysis by calculating the angle between the
principal eigenvector and the X-Y plane parallel to the cartilage surface in
each pixel of MRI.
2.2.3.1 The 2D quiver plots
The first step of analysing the principal eigenvectors was to look for the
distribution of collagen fibril visually through direct observation of the 2D
quiver plots of eigenvector components on the global coordinate planes
(totally three plots). The 2D quiver plot was made of the projection of the
principal eigenvectors: for each pixel of the DT-MRI grids, the principal
eigenvector was projected to one of the global planes. Then all of the vector
components in the same plane were attached on the bottom of the
corresponding pixel to create the 2D quiver plot.
These plots allow qualitative analysis of the distribution of collagen fibril. For
the convenience of interpretation, the quiver plot in the X-Z plane was
selected. The length of the quiver, i.e. ටܺ௜௝ଶ + ௜ܼ௝ଶ , has an important hint:
its increase means the decrease of ௜ܻ௝ and indicates the decrease of the
angle between the quiver and the X-Z plane. So the long quiver (tends to be
1) in the X-Z plane means the corresponding principal eigenvectors nearly
parallel to the X-Z plane; hence the direction of the long quiver can nearly
represent the angle between the corresponding eigenvector and the
cartilage surface which parallel to the X-Y plane. However, the short quivers
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can only partly show the angle between the principal eigenvectors and the
cartilage surface. To solve this problem, the exact value of the angle
between the principal eigenvector and the cartilage surface should be
calculated for each pixel of MRI.
2.2.3.2 Analysis of the angles between the principal
eigenvectors and the cartilage surface
The second step of analysing the principal eigenvectors was to study the
distribution of the fibril by calculating the angles ߚ௜௝ (0°≤ ߚ௜௝≤ 90°; i and j
represents the row and column number of the corresponding pixel
respectively) between the principal eigenvectors and the X-Y plane parallel
to the cartilage surface. ߚ௜௝ was defined as:
ߚ௜௝ = tanିଵ ቤܼ ௜௝/ටܺ௜௝ଶ + ௜ܻ௝ଶ ቤ …………………. (2.1)
where ܺ௜௝ , ௜ܻ௝ and ௜ܼ௝ are the components of the corresponding
principal eigenvector on the three global axes respectively.
The angle ߚ௜௝ is extremely important in modelling cartilage particularly in the
surface zone, as it directly affects the horizontal component value of the fibril
tensile stress on the corresponding site of cartilage. As introduced in Section
1.4.2.2, the horizontal tensile stress can prevent lateral expansion of
cartilage and enhance the pressurization of interstitial fluid to support the
applied load.
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The fibril angles in the same row were gathered in one bar chart to observe
the layered distribution of collage fibril in the tissue and compared with the
quiver plot, totally 17 bar charts were produced.
Then the percentage occupied by every 10 degree of fibril angle in the same
layer was calculated and displayed by the x-y scatter (each interregional
represented by the upper limit). Then the scatters with similar trend were put
together to find out the layered fibril angle distribution quantitatively.
2.3 Results
2.3.1 Two-dimensional quiver plots
A two-dimensional quiver plot in the X-Z plane of the principal eigenvectors
of the whole cartilage sample cross-section is shown in Figure 2.2 (provided
by Dr Robin Damion), with the row and column numbers displayed on the
vertical and horizontal axis respectively.
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Figure 2.2 X-Z components of principal eigenvector of diffusion tensor. (Z
axis shows the row number, and X axis shows the column number of
the pixel grid; provided by Dr Robin Damion)
In Figure 2.2, most fibril components in the top 2 layers (0.14 mm thick) of
the pixel grids which occupied 10.0% of cartilage sample thickness tended to
be horizontal. In the next seven layers (the 3rd - 9th layer) occupying 36.0%
of cartilage thickness, fibril components showed various gradients and no
single gradient was found to be dominant, i.e. fibrils distributed randomly. In
the remaining layers (the 10th-17th layer) occupying 41.2% of cartilage
thickness, most fibril components were or tended to be vertical (except in the
17th layer). This will be discussed in Section 2.4.
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2.3.2 Distribution of fibril angles to cartilage surface
2.3.2.1 Fibril angles in the top two layers
In the top two layers of pixel grids corresponding to the surface zone of
cartilage, few fibrils had angles greater than 30° (Figure 2.3).
Figure 2.3 Bar chart of fibril angle of pixels in the top 2 layers of cartilage.
The more important result was that the majority of fibril angles were less
than 20° (Figure 2.3). The percentage of the fibril angles were smaller than
10° was 62.2% in the first layer and 56.8% in the second layer. The
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percentage less than 20° was 91.9% in the first layer and 85.1% in the
second layer respectively (Figure 2.4). Meanwhile, only a few fibril angles
were greater than 30°. This means most collagen fibrils in the first two layers
from the cartilage surface tended to be horizontal.
Figure 2.4 Fibril angle distribution of pixels in top 2 layers from cartilage
surface.
2.3.2.2 Fibril angles in layers from the 3rd to 9th
Fibril angles in the 3rd and 4th layer
Most of the fibril angles in the 3rd and 4th layer of pixel grids were less than
30° (Figure 2.5), 74.3% and 68.9% respectively (Figure 2.6).
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Figure 2.5 Bar chart of fibril angle of pixels in the 3rd and 4th layer of
cartilage.
It seemed feasible to classify the two layers belonging to the surface zone of
the cartilage. But only 24.3% of the fibril angles were smaller than 10° in the
3rd layer and 23.0% in the 4th layer (Figure 2.6). Meanwhile, a number of
angles were greater than 40° (Figure 2.5 and 2.6). So it was more
reasonable for the two layers to be included in the middle zone of the
cartilage.
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Figure 2.6 Fibril angle distribution of pixels in the 3rd and 4th layer from
cartilage surface.
Fibril angles in the layers from the 5th to 9th
In the next five layers of pixel grids from the cartilage surface, the 5th to 9th
layer, collagen fibrils did not have a dominant orientation i.e. they distributed
randomly (Figure 2.7).
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Figure 2.7 Bar chart of fibril angle of pixels in the 5th - 9th layer from
cartilage surface.
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In each of the layers from the 5th to the 9th, the percentage occupied by
each interregional (10°) of fibril angle was less than 30%; and the total
percentage occupied by fibril angles ≥ 60° (the sum of the values of the last
three points of each individual curve) was less than 60% (Figure 2.8). This
result confirmed the conclusion drawn from the angle bar charts in Figure
2.7 that the collagen fibrils distributed randomly. So all of the five layers
should be included in the middle zone of the cartilage.
Figure 2.8 Fibril angle distribution of pixels in the 5th - 9th layer from
cartilage surface.
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2.3.2.3 Fibril angles in layers from the 10th to 17th
Fibril angles in the layers from the 10th to 15th
In the layers from the 10th to the 15th of pixel grids corresponding to part of
the cartilage deep zone, lots of the percentage occupied by these fibril
angles ≥ 70° in most layers was greater than 60% (except 58.1% in the 15th
layer; Figure 2.9); and the amount of the fibrils with angle greater than 60°
increased apparently in comparison to the higher layers (Figure 2.10). This
result clearly showed most collagen fibrils in these layers tended to be
vertical, although several angles were less than 40° even less than 10°
(Figures 2.9 and 2.10).
Figure 2.9 Fibril angle distribution of elements in 10th - 15th layer from
cartilage surface.
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Figure 2.10 Bar chart of fibril angle of pixels in the 10th - 15th layer from
cartilage surface.
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Fibril angles in the 16th and 17th layer
As a part of the deep zone, the fibril distribution seemed to be random in the
16th and 17th layer particularly in the 17th layer (Figure 2.11 and 2.12). The
reason led to the phenomenon is discussed in the following section.
Figure 2.11 Bar chart of fibril angle of pixels in the 16th and 17th layer from
cartilage surface.
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Figure 2.13 Fibril angle distribution of elements in 16th and 17th layer from
cartilage surface.
2.4 Discussion
The orientation of collagen fibril was defined by the principal eigenvector of
the DT and projected visually on the plane of cartilage cross-section (X-Z
coordinates plane) as shown in Figure 2.2. The distribution of collagen fibril
in articular cartilage was largely consistent with the literature particularly the
results of Visser et al. (2008) which was also derived from DT-MRI data
(Figure 1.20a).
In the top two layers, most of the angles between the principal eigenvectors
and the planes parallel to the cartilage surface are less than 20° (Figure 2.4).
This result and the angle distribution in the deep zone of cartilage (Figure
2.9-2.10) were in agreement with Meder et al. (2006), which found “the
principal component of the diffusion tensor appears to be at around 75° to
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the normal near the articular surface, while in the deep zone it appears to be
at approximately 20° to the normal.”. This confirms the direct observation of
Figure 2.2 in Section 2.3.2. The most important finding is that: these results
verified the rationality to implement the principal eigenvectors of DT in the
computational models representing the fibril orientation.
In the deepest area of cartilage (the eight layers in Figures 2.9 - 2.13), there
are a limited number of angles that were less than 40° (even than 10°) which
seems not consistent with the predominant view in the literature considering
all of the collagen fibrils perpendicular to the cartilage surface (Mow et al.,
1992). But Kaab et al. (1998) also had the similar finding as introduced in
Section 1.3: some fibrils run obliquely in the deep zone while the majority
collage columns are perpendicular to the cartilage surface (Figure 1.7b).
However, DT-MRI measurements in the deep zone of cartilage were difficult
to realize due to the low water content and the signal presented was very
low (Pierce et al., 2010). This led to the shortage of diffusion tensor
measurements in the deepest part of the cartilage sample in Figure 2.1, so
the thickness of the MRI pixel grids in Figure 2.2 was 0.17mm less
compared to the sample. The length of the MRI pixel grids was shorter
because of the image noise.
Visser et al. (2008b) explained the phenomenon that several angles are
greater than 50° in the top two layers: Fibres are disordered within a given
DTI pixel of a length scale of 10 μm and a particular water molecule can
access a range of fibre orientations on the timescale of a DTI measurement.
This resulted in the measured DT behaving as weighted average quantities.
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But this limitation does not affect the fibril angles defined by the DT in other
pixels and the whole distribution of collage fibril in the specific layer.
As reviewed in Section 1.4 and 1.5, Pierce et al. (2010) had also derived the
orientation of collagen fibrils in bovine groove cartilage from DT-MRI data
and successfully implemented the fibril direction to their finite element
model. Different from the 2D quiver plot in this chapter, the 3D quiver plot
was used to display the fibril orientation.
From the theoretical mechanism to the clinical application and the practice of
computational modeling, the feasibility and rationality of the DT-MRI have
been fully proved. So the principal eigenvector will be defined as primary
collagen orientation and implemented to the 2D and 3D fibril-reinforced FE
models in the following chapters.
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Chapter 3 Material Model and Method to Implement
DT-MRI Data
3.1 Introduction
This chapter describes the material model of cartilage employed in the finite
element analysis within this thesis, including how information from the DT-
MRI data (described in Section 2.2) was used to create local material
property variations which reflect the direct of reinforcing fibrils. As this work
includes both 2D axisymmetric and 3D models, the specific implementation
for each of those element types is described. This chapter is concerned
primarily with the Young’s modulus values assigned to the solid phase of the
cartilage and does not discuss any fluid behavior. In all cases it was
assumed that the cartilage solid phase is composed of a linear elastic matrix
and distribution of viscoelastic fibrils. Each of which has an individual
orientation. In order to include the effect of the fibrillar component it is
necessary to include a fibril direction for each element and a function to
calculate the viscoelastic property change as strain increases.
Section 3.2 gives the equations used to define the strain-dependent fibrillar
Young’s modulus. The time discretization scheme is shown, along with
simplifications which can be made when the instantaneous fibrillar modulus
was used. The material model derived here was implemented into a
FORTRAN subroutine, for using with ABAQUS, by Li et al (2009) which was
used in this thesis.
Sections 3.3 and 3.4 describe the implementation of the collagen fibril
direction in the 2D and 3D finite element models respectively. Details are
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given of the commands used to import the primary fibril orientation
information (described in Chapter 2) and convert it into a local coordinate
system for each element in the model.
3.2 Material Model
In the fibril-reinforced FE models of this thesis, the material properties for
each element were modified based on the primary fibril orientation in that
area, using ‘‘user material” option i.e. ‘‘UMAT” in ABAQUS (Dassault
Systemes, Suresnes Cedex, France) - the FORTRAN written subroutine (Li
et al., 2009) was kindly provided by Dr L. P. Li, Calgary University of
Canada.
Articular cartilage can be considered as a porous matrix saturated in water,
reinforced by the fibrillar network. The porous matrix was nonfibrillar,
representing the solid matrix excluding the collagen fibers. The nonfibrillar
matrix was modeled as a continuous linearly elastic material, with the
Young’s modulus Em, and Poisson’s ratio νm. These basic properties were
augmented with representation of the fibrillar network, which was modeled
as nonlinearly viscoelastic, direction and location dependent properties.
‘Using ⃗ݔ to represent a fiber direction at a location with Cartesian
coordinates (X, Y, Z), the fibrillar modulus in the direction of ⃗ݔ is a function of
the tensile strain in the direction, ܧ௫୤(ߝ௫ ), as well as a function of ⃗ݔ and (X, Y,
Z) (anisotropic and inhomogeneous). The fibrillar modulus was taken to be
zero for compressive strains. … Shear stress between parallel fibers was
neglected, but shearing was modeled in the nonfibrillar porous matrix.’ (Li et
al. 2009).
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3.2.1 The Jacobian matrix of fibril-reinforced FE model
Jacobian matrix, defined as: [ܦ] = ߲߂ߪ ߲߂ߝ/ was required to implement
material properties in the fibril-reinforced FE models, where Δ߲ߪ are the
stress increments and Δ߲ߝare the strain increments. This was achieved by
using ‘‘UMAT” available in ABAQUS (Abaqus User Subroutines Reference
Manual 1.1.36 ‘‘UMAT”). As only small deformation problems were solved,
the Jacobian matrix for the fibril-reinforced model of AC was:
[D] =
⎣
⎢
⎢
⎢
⎢
⎡
ܦ௫௫
ߣ
ߣ
ߣ
ܦ௬௬
ߣ
ߣ
ߣ
ܦ௭௭000 000 000
000 000 000
ߤ00 0ߤ0 00ߤ⎦⎥⎥
⎥
⎥
⎤ (3.1)
where λ and μ are the Lamé constants of the nonfibrillar matrix.
According to the biphasic theory, the stress of the fibril-reinforced material is
the sum of the matrix and fibril stresses. The nonfibrillar matrix was isotropic
with linearly elastic property, hence
ܦ௫௫ = ߣ+ 2ߤ+ ߲߂ߪ௫୤ ߲߂ߝ௫୤/ (3.2)
here ߲߂ߪ௫୤ ߲߂ߝ௫୤/ represents the contribution of the fibrillar matrix to the
Jacobian and will be derived in the following section.
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3.2.2 The contribution of the fibrillar matrix to the Jacobian
In order to define Δ߲ߪ௫୤ Δ߲ߝ௫୤/ -- the contribution of the fibrillar matrix to the
Jacobian, ߪ௫୤(ݐ) - the tensile stress of collagen fiber in articular cartilage
should be calculated. According to Equation 1.2 in Section 1.4.3.1, ߪ௫୤(ݐ)
was determined by the hereditary integral:
ߪ௫
୤(ݐ) = ߪ௫୤(0) + ∫ ܩ௫௧଴ (ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬ (3.3)
where ̇ߝ௫ = ߂ߝ௫ ߂ݐ/ = [ߝ௫ (ݐ+ ߂ݐ) − ߝ௫ (ݐ)] ߂ݐ/ denoting the rate of
strain changing with time. The relaxation function ܩ௫(ݐ) of the fibrillar matrix
was an alteration of Equation 1.3 (Li et al., 2009):
ܩ௫(ݐ) = 1 + ∑ ੗௠௠ exp(−ݐ ߣ௠/ ) (3.4)
in which ߣ௠ are characteristic times for the viscoelastic dissipation and
੗௠ are dimensionless constants representing the discrete moduli (Suh et al.,
1998).
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From Equation 3.3 and 3.4, the contribution of the fibrillar matrix to the
Jacobian was derived as:
Δ߲ߪ௫
୤ Δ߲ߝ௫
୤/ ≈ ܩ௫(߂ݐ)ܧ௫୤(ߝ௫ ) (3.5)
The detailed derivation of Equation 3.5 can be found in Appendix B.
3.2.3 Simplification for the instantaneous fibrillar modulus
Li et al. (2009) modeled the fluid-flow dependent viscoelasticity of cartilage
using the soil consolidation procedure in ABAQUS and the fluid-flow
independent viscoelasticity by the collagen viscoelasticity described by
equation (3.3) and (3.4).
In the previous studies of Li et al. (2005), it was found that the fluid flow
dependent viscoelasticity “could be used to approximate the compressive
load response of articular cartilage, provided that the instantaneous fibrillar
modulus was used in the calculations.” In that case, equation (3.3) was
reduced to represent elastic stress. For the problems in the present study,
which are all restricted to small strains, the following simple equation was
used for the contribution of the fibrillar matrix to the Jacobian:
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ܩ௫(0)ܧ௫୤(ߝ௫ ) = ܧ௫଴ + ܧ௫கߝ௫ (3.6)
where ܧ௫଴ and ܧ௫க are constants independent of strain but dependent on
⃗ݔ and (X, Y, Z). They were for the instantaneous modulus of the fibrillar
matrix, and thus were larger than those for the static equilibrium modulus. (Li
et al., 2009).
So for small deformation problems, the element ܦ௫௫ in the Jacobian matrix of
the fibril-reinforced model of cartilage was written as:
ܦ௫௫ = ߣ+ 2ߤ+ ܧ௫଴ + ܧ௫கߝ௫ (3.7)
The subscript x in Formula 3.2 - 3.7 can be replaced with y or z to obtain the
corresponding equations in the ⃗ݕ or ⃗ݖdirection.
3.2.4 Implementation in commercial FE software
In the numerical procedure of the user-defined material subroutine - ‘‘UMAT”
of Li et al. (2009), the equations derived above were implemented and
‘orthotropic properties were formulated with reference to the local Cartesian
coordinates at the element level’. This ‘‘UMAT” can modify the collagen fibril
modulus based on the fibrillar strain determined in the previous iterative step
of ABAQUS.
So the first step to use ‘‘UMAT” in the fibril-reinforced models is to define the
local Cartesian system for each element (or element set) using a separate
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process. As the process is different for the 2D axisymmetric and 3D models,
the corresponding models are given in Sections 3.3 and 3.4 respectively.
3.3 Methods to Implement DT-MRI Data in the 2D Model
This section describes the method to define local coordinate system required
for the 2D fibril-reinforced axisymmetric model and the process to implement
the DT-MRI data. In addition, the steps to set up the 2D model are also
introduced.
3.3.1 Geometry and mesh of the 2D model
In the 2D axisymmetric FE model, only the right half of the modified DT-MRI
pixel grid of cartilage sample in Figure 2.1 was used as a structured mesh
(17 rows and 37 columns) with the aspect ratio = 1(Figure 3.1).
Figure 3.1
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3.3.2 Definition of the element level Cartesian coordinates in
the 2D model
The local x, y and z directions were defined for each element using the
‘‘Orientation’’ option in Abaqus (Li et al., 2009). The primary collagen
orientation (i.e. the principal eigenvector corresponding to the maximum
eigenvalue of the diffusion tensor; Section 2.2) was defined as the local x-
axis: the three components (Xij, Yij and Zij; i =1∙∙∙17, j=38∙∙∙74) of every
single principal eigenvector were implemented to the corresponding element
to represent the fibril orientation in this element.
The 3-points method (right hand rule) in Abaqus Analysis user’s manual
2.2.5 (Figure 3.2) was used to define the local coordinates system: ‘a’ is the
point lies on local x-axis and point ‘b’ is in the local x-y plane and near to
local y-axis. The local origin ‘c’ is defaulted to be coincide with the origin of
the global system and does not need to be input in ‘‘Orientation’’.
Figure 3.2 3-points method to define the local rectangular system (Abaqus
Analysis user’s manual Figure 2.2.5-1).
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When a user-defined orientation is used with two-dimensional solid
axisymmetric elements, the direction must be redefined for the X'(x)- and
Z'(z)-axis: the third direction (hoop direction) must remain unchanged
(Abaqus Analysis user’s manual 2.2.5). So only the x- direction needs to be
defined, the z-direction will be confirmed automatically.
‘Distribution’ in ABAQUS was used to define local coordinate systems on an
element-by-element basis:
1) To define a DISTRIBUTION TABLE of “COORD3D, COORD3D”; then
define DISTRIBUTION for each element (or element set) referring to
the distribution table. The distribution table for the coordinates
specifies COORD3D twice to indicate that data for two three-
dimensional-coordinate points must be specified for each element in
the distribution.
2) To define ORIENTATION.
3) The ORIENTATION is then referred to by a general section definition.
As the hoop direction must remain unchanged, the three-dimensional
coordinates (bXk,bYk,bZk) of the second point for every single element
should be (0, 1, 0). Only the three components (Xij, Yij and Zij; i =1∙∙∙17, j =
38∙∙∙74) of every single principal eigenvector need to be implemented to the
first point of the corresponding element.
The detailed code to use “DISTRIBUTION” in ORIENTATION is modified
from Example 3 in Abaqus Analysis user’s manual 2.7.1 and displayed in
Figure 3.3:
- 83 -*DISTRIBUTION TABLE, NAME=tab2
COORD3D, COORD3D
*DISTRIBUTION, NAME=dist2, LOCATION=element, TABLE=tab2
, aX0,aY0,aZ0,bX0,bY0,bZ0
element number, aX1,aY1,aZ1,bX1,bY1,bZ1
element number, aX2,aY2,aZ2,bX2,bY2,bZ2
…
*ORIENTATION, NAME=ORI, DEFINITION=COORDINATES
dist2Figure 3.3 “Distribution” to define the local rectangular system for each
element in 2D models (Abaqus Analysis user’s manual 2.7.1).
Using the ‘‘UMAT’’ option in Abaqus, the strain dependent Young’s modulus
derived in Section 3.2 was defined to the corresponding element of the 2D
axisymmetric model (Figure 3.4). These strains are available in output file of
Abaqus as the “elastic” strains (Figure 3.4; Abaqus User Subroutines
Reference Manual 1.1.36 UMAT User subroutine to define a material's
mechanical behavior).
After the implementation of ‘‘Orientation’’ and ‘‘UMAT’’, the 2D fibril-
reinforced model was set up (Figure 3.4).
*SOLID SECTION, ELSET=N_CART, material=CARTILAGE_MTL, ORIENTATION=ORI
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2. Point a on local x-axis - terminal point of the principal eigenvector ܽ⃗:
Similar to the way in the 2D model, ܽ⃗ i.e. (Xij, Yij and Zij; i =1∙∙∙17,
j=1∙∙∙74) is defined as the local x-axis (X' in Figure 3.2).
3. Point b on local y-axis - terminal point of vector ሬܾ⃗which is derived
below (Figure 3.4):
Vector ݁⃗:
Vector ݂⃗
݁⃗and vector
݂⃑=
Vecto
vector ݂⃗ and
ሬܾ⃑= ݂⃑
lc
Figure 3.5 Definition of l
the unit vector (1, 0, 0) from
is the unit vector from origin
ܽ⃗, defining the direction of lo
݁⃑਀ܽ⃑ i.e. (0, -Zij, Yij) ……
r ሬܾ⃗ is the unit vector from
vector ܽ⃗, defining the directi
਀ܽ⃑ i.e. (-Yij2-Zij2, XijYij, X
ocal z-axis ݂⃗ local y-axis ሬܾ⃗o
o
w
c
…
o
o
i
local x-axis ܽ⃗cal Y-axis (vector ሬܾ⃗ ).
rigin on global X-axis.
hich is the cross product of vector
al z-axis (Figure 3.5):
……… (3.8)
rigin which is the cross product of
n of local y-axis (Figure 3.5):
jZij) …………. (3.9)
global X-axis ݁⃗
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3.4.2 Definition of the element level Cartesian coordinates in
the 3D model
To define the orientation of collagen fibril in each element set of the 3D
model, the code to use ‘Distribution’ is:
F
F
c
j
t
t
3
I
m
m
‘*DISTRIBUTION TABLE, NAME=tab2
COORD3D, COORD3D
*DISTRIBUTION, NAME=dist2, LOCATION=element, TABLE=tab2
, aX0,aY0,aZ0,bX0,bY0,bZ0
element set number, aX1,aY1,aZ1,bX1,bY1,bZ1
element set number, aX2,aY2,aZ2,bX2,bY2,bZ2
…
*ORIENTATION, NAME=ORI, DEFINITION=COORDINATES
dist2
*SOLID SECTION, ELSET=N_CART, material=CARTILAGE_MTL, ORIENTATION=ORIigure 3.6 ‘Distribution’ to define the local rectangular system for each
element in 3D models (Abaqus Analysis user’s manual 2.7.1).
or the first coordinates point of the corresponding element set, the three
omponents of every single principal eigenvector (Xij, Yij and Zij; i =1∙∙∙17,
=1∙∙∙74) were directly implemented. But for the second coordinates point,
he three components were calculated in advance using Formula 3.9; then
he result of calculation was implemented to the corresponding element set.
.5 Summary
n order to set up the more realistic fibril reinforced poroelastic finite element
odels of articular cartilage incorporating the DT-MRI data, the material
odel employed in the analysis was developed first - the material subroutine
‘UMAT’’ in ABAQUS provided by Dr L. P. Li (University of Calgary) was
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used to define the strain-dependent Young’s modulus of collagen fibril. The
detailed derivation of the equations used in the subroutine was provided in
the related literature.
The specific method to implement of the DT-MRI data in the 2D
axisymmetric and 3D model are described in Section 3.3 and Section 3.4
respectively. Meanwhile, the method to define the local y-axis in the 3D
model has been developed independently. Details are given of the input file
used to import the primary fibril orientation information.
These methods are adapted in the 2D and 3D fibril-reinforced models in
Chapter 4 and Chapter 5 respectively.
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Chapter 4 Effect of Modelling Fibril Orientation in Two-
dimensional Axisymmetric Models
4.1 Introduction
Articular cartilage can be considered as a porous matrix saturated in water,
reinforced by a fibrillar network. The porous matrix is nonfibrillar,
representing the solid matrix excluding the collagen fibres as described in
Section 3.2. From the view of simulating the tissue structure, the constitutive
models of cartilage were classified as two types: the macroscopic models
without consideration of the underlying tissue structure and the
microstructural models mimicking the fibrillar network and the nonfibrillar
matrix separately (Taylor et al., 2006).
Different modeling studies on the anisotropic material properties of articular
cartilage: such as transversely isotropic models (Cohen et al., 1998 and
Soulhat et al., 1999) and fibril-reinforced models (Soulhat et al., 1999; Li et
al., 1999-2013; Wilson et al., 2004-2013; Shirazi et al., 2007 and Gupta
et.al., 2009). However, no direct comparative studies have been made
between the isotropic model and the fibril-reinforced model implementing
realistic fibril orientation.
The aim of the work presented in this chapter is to investigate the
capabilities of a 2D microstructural model (fibril-reinforced) in describing the
fluid load support. The basic modeling methodology, which incorporates the
material model described in Chapter 3, is introduced in the second section.
The 2D axisymmetric cases, of various levels of complexity, are given for
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each case in terms of fluid load support, contact pressure, pore pressure
and fluid velocity.
A series of 2D axisymmetric models with poroelastic material were set up
systematically in the third section. First of all, a 2D isotropic poroelastic
model was created and the mesh sensitivity analysis was carried out in the
second section, in order to verify the rationality of the structured 2D mesh
modified from the DT-MRI pixel grid (Section 3.3). Then the verified mesh
was used in all of the 2D models in this section.
Then the results of the systematic models were compared and discussed in
the following two sections.
4.2 Model and Method
The collagen fibril orientations derived from the DT-MRI data (Chapter 2)
was implemented directly to the realistic fibril-reinforced model (Chapter 3).
The top 2 layers’ fibrils in Figure 2.2 were idealized to distribute horizontally
to set up the semi-realistic model, with the fibril orientations in the remaining
layers unchanged. Both of the above models employed strain dependent
Young’s modulus introduced in Section 3.2.2. The two uniform reinforced
models incorporated constant and strain dependent Young’s modulus
respectively, with the local coordination system defined same as the global
frame. The constant Young’s modulus in the isotropic and uniformly
reinforced models was adjusted, in order to let the vertical displacement in
the two models match the realistic fibril-reinforced model at the end of the
ramp loading.
4.2.1 Boundary conditions and load
The models in this chapter were set up to replicate unconfined compression
of a cylindrical specimen of articular cartilage with 6.0mm diameter and
1.36mm thickness (excluding bone).The concentrated load of 0.2N was
applied through a rigid plate with 6.4mm diameter over a ramp time of 2
seconds and then maintained for one hour (Figure 4.1).
Figure 4.1 Schematic diagram of articular cartilage under unconfined
compression.
Nodes along the cartilage
vertical directions, replicating a perfectly rigid substrate. The nodes on the
vertical axis of symmetry were constrained in the horizontal direction. The
pore pressure of the nodes at the open vertical edg
Flow was prevented from nodes on the bottom surface and at the axis of
symmetry. The concentrated load was applied through the reference point of
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base were constrained in both the horizontal and
e was set to be zero.
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the rigid plate. The reference point was constrained in the horizontal
direction to prevent translating; its rotation was also constrained. A contact
condition, with a zero coefficient of friction, was created between the rigid
plate and the top surface of cartilage.
4.2.2 Element type and mesh
A two dimensional axisymmetric finite element model was created to
replicate the unconfined compression of cartilage (Figure 4.2). The mesh
used in this model had 629 elements (Figure 3.1), which is identical to a half
of the DT-MRI pixel grid: 17 rows and 37 columns with the aspect ratio = 1
(both horizontal and vertical resolutions are 70μm). The dimension of the
cartilage geometry in this model did not exactly match the sample in Figure
4.1 due to the limitation of the DT-MRI pixel grid: no diffusion tensor was
derived corresponding to the deepest part of cartilage (12.5% of the whole
cartilage thickness) since the low water content (Pierce et al., 2010); neither
in the side region of cartilage (13.7% of the cartilage radius) because of the
image noise.
The first-order bilinear pore pressure CAX4P was used in all of the two
dimensional models for the subsequent analyses in this chapter. First-order
elements were adopted for the slave surface, in the two dimensional contact
simulations, due to the possible problems created by the second-order
elements in calculating the “consistent nodal loads for constant pressure”
(ABAQUS Tutorials - Interactive Edition, 12.4.4). Furthermore, with the
bilinear pore pressure element, the aim to investigate the fluid pressure and
load support in cartilage could be readily investigated. However, hour-
glassing problem was caused when the reduced-integration elements
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CAX4RP were used in the reinforced models implementing fibril orientation
and hence were not used.
Figure 4.2 Schematic diagram of the 2D axisymmetric FE model simulating
articular cartilage under unconfined compression (vertical axis: Z;
horizontal axis: X (r); into plane axis: Y (θ)).
4.2.3 Material model
Each of the model cases created were assigned a poroelastic material
property, where both a solid and fluid phase were considered. In cases
where fibre reinforcement was included a distribution of fibre orientations
was created. The material model was modified in these local fibre
directions. Where needed, fibril strain-dependence was introduced using a
user-defined material subroutine. Details of this method are given in
Chapter 3.
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4.2.4 Mesh sensitivity analysis of the 2D isotropic model
In order to analyze the mesh sensitivity on the peak value of fluid load
support, poroelastic material was employed in the 2D axisymmetric isotropic
FE model:
For the solid elastic matrix, the material parameters were the Young’s
modulus E (Mononen et al., 2010) and the Poisson’s ratio ν (Li et al., 2009). 
The fluid flow within the matrix was described by the permeability k and the
initial void ratio e0 (pore volume over solid volume; Li et al., 1999 and 2009),
which is required in the input file of ABAQUS. All material parameters were
constant through the tissue depth (Table 4.1) i.e. the model was
homogenous.
Table 4.1 Material parameters of isotropic model.
Material parameter Value
Young’s modulus, E 0.69 MPa
Poisson’s ratio, v 0.36
Permeability, k 3.0 x 10-15 m4/N∙s
Initial void ratio, e0 4.0(80% interstitial fluid)
Mesh sensitivity analysis was carried out by reducing the element number by
a factor of roughly 1/4 (1/2 × 1/2) and increasing it twice by 2 × 2 times. The
coarser mesh had 144 (8 × 18) elements; the denser meshes had 2516 (34
× 74) and 10064 (68 × 148) elements respectively.
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After 2 second of ramp deformation, the contact pressure distributions on
cartilage surface did not show significant differences in most of the contact
zone (Figure 4.3), except on the area near the open side (right edge in
Figure 3.1) where the curve of 8 × 18 elements being slightly outside than
those of other mesh densities. However, the curve of 17 × 37 elements used
in the 2D isotropic model was much closer to both of the densest ones which
nearly coincided to each other.
Figure 4.3 Distribution of contact pressure on cartilage surface at the end of
ramp load (t = 2s).
As for the pore pressure, the curves of the two coarser meshes with 8 × 18
and of 17 × 37 elements both matched the two densest ones on the whole
cartilage surface (Figure 4.4).
0
2
4
6
8
10
12
14
16
0 0.5 1 1.5 2 2.5 3
Co
nt
ac
tP
re
ss
ur
e
(K
Pa
)
Radial Distance from Symmetric Axis (mm)
8x18
17x37
34x74
68x148
- 95 -
Figure 4.4 Distribution of pore pressure on cartilage surface at the end of
ramp load (t = 2s).
Cartilage surface node on the symmetric axis was selected to observe the
influence of mesh density on fluid load support in different models (Figure
4.5). The curve in Figure 4.3 clearly shows that the 2D isotropic model with
the 629 (17 × 37) elements could achieve the similar value as the models
using much denser mesh in predicting the fluid load support. The whole
curve tended to be a horizontal line from the point corresponding to the
mesh density (17 × 37) indicating the fluid load support was not sensitive to
the continuing increase of mesh density. So it is reasonable to use this mesh
(17 × 37) to predict fluid load support in the 2D axisymmetric models.
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Figure 4.5 Fluid load support at cartilage surface node on the symmetry axis
of different mesh density at the end of ramp load (t = 2s).
4.2.5 Parameter predictions of 2D models
Theoretically, the peak value of pore pressure should occur at the end of the
ramp time. So most of the results used in the analysis are at the moment of t
= 2s. The parameters of 2D models displayed below are measured in this
chapter:
Contact pressure, pore pressure and fluid load support on cartilage
surface
The total pressure on the contact area of cartilage surface may be different
as the tissue particularly the collage fibril distribution is anisotropic. Wear
and tear of cartilage may be related to the contact pressure, so it is crucial to
investigate the contact pressure on the surface. Meanwhile, the pore
pressure along the cartilage surface plays a vital role in the of tribology study
within the human knee joint according the theory of biphasic lubrication. So it
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is important to record and compare the peak values of contact pressure and
pore pressure on the surface of cartilage.
In the biphasic lubrication theory, fluid load support - the ration of contact
pressure and pore pressure is more important than each individual variable.
It represents the amount of applied load carried by the liquid phase in the
cartilage. The most important thing is that it can interpret tribological
mechanism of the load carrying between the solid and the liquid phase in the
tissue and hence directly influence the friction coefficients on the cartilage
surface.
The fluid velocity and contour of pore pressure
The fluid velocity (FLVEL) inside the cartilage represents the direction and
magnitude of the fluid flow within the tissue, while the FLVEL on the open
edge (open side) shows the speed of the interstitial fluid flowing out. The
differences of pore pressure at the various parts of cartilage, illustrated by
the contour, make the interstitial fluid flowing from the parts where pore
pressure is higher to the other parts with lower pore pressure.
The radial and axial deformation of cartilage open edge
The pore pressure is a result of the interstitial fluid pressurization. In order to
investigate the influence of collagen fibril implementation on the
pressurization, the radial and axial deformation of cartilage open edge in
different models were also recorded and compared to each other.
The radial stress on the cartilage surface
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For the pathological investigation of the influence of collagen fibril
implementation, the radial stress on the cartilage surface in all of the five 2D
models was compared.
4.3 Modelling Cases
Three groups of 2D axisymmetric models were set up with different material
settings: the realistic fibril orientation model and the simplified fibril
orientation model (top 2 layers’ fibril were designed to distribute horizontally)
with strain dependent fibrillar Young’s modulus (named DT-MRI and DT-
MRI-top model respectively); the Uniform reinforced models with constant
fibrillar Young’s modulus (Uniform-Cons model) and the strain dependent
fibrillar Young’s modulus (Uniform-SD model); and the basic model with
isotropic poroelastic material (Isotropic model) - totally five modelling cases.
The geometry, mesh, boundary conditions and loading in Figure 4.2 were
used in all of the five models. The material properties employed in these
models, including the collagen fibril orientation (except in the Isotropic
model), are described in Table 4.2.
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Table 4.2 Material properties of different models (ε is the fibrillar strain in
each iteration and initial void ratio 4.0 represented 80% interstitial fluid).
Modelling
case
Material
parameter
DT-MRI based group Uniformly reinforced
group
DT-MRI
DT-MRI-
top
Uniform-
SD
Uniform-
Cons
Isotropic
Young’s
modulus of
nonfibrillar
matrix, Em
(MPa)
0.26 0.26 0.26 0.26 0.91
Poisson’s ratio
of nonfibrillar
matrix, vm
0.36 0.36 0.36 0.36 0.36
Young’s
modulus of
fibril, Efx and
Efy (MPa)
3+1600ε 3+1600ε 3+1600ε 2.15 n/a
Permeability, k
(m4/N∙s)
3.0 × 10-15 3.0 × 10-15 3.0 ×10-15 3.0 ×10-15 3.0 ×10-15
Initial void
ratio, e0
4.0 4.0 4.0 4.0 4.0
Orientation
source for top
2 layers
DT-MRI
Manual
uniform
Manual
uniform
Manual
uniform
n/a
Orientation
source for
lower 15
layers
DT-MRI DT-MRI
Manual
uniform
Manual
uniform
n/a
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The deformation of cartilage in different models under the same load would
be dissimilar due to the completely different properties of material, although
all other modelling factors were same. This made it difficult to compare the
modelling results, since the cartilage deformation and fluid load support are
closely related. In order to make the comparison reasonable, the value of
Young’s modulus in both the local x and y directions in Cons E model should
be adjusted to match the vertical displacement of the cartilage surface in the
DT-MRI model at the end of the ramp loading stage. The similar adjustment
was done in the Isotropic model. To provide the information of the cartilage
deformation to carry out this adjustment, the DT-MRI model was set up first.
4.3.1 Models of the DT-MRI based group
4.3.1.1 Mechanical property of material
In both of the DT-MRI and DT-MRI-top models, the nonfibrillar poroelastic
matrix was isotropic with the Young’s modulus Em = 0.26 MPa, Poisson’s
ratio ߥm = 0.36, permeability k = 0.003 mm4/Ns and the initial void ratio e0 =
4.0 (Li et al., 1999 and 2009). The Young’s modulus of the fibrillar network
was designed to be the same in the local x and y directions, Efx = Efy = 3 +
1600ε MPa (Efx and Efy represents modulus in local x and y direction
respectively), where ε is the fibrillar strain (Li et al., 2009) as described in
Chapter 3; while the Young’s modulus in the local z directions Efz = 0 MPa.
The values of the material parameters are displayed in Table 4.2.
The strain dependent Young’s modulus of the fibrillar network (3 + 1600ε
MPa) was implemented using the user-defined subroutine “UMAT” in
ABAQUS provided by Dr L. P. Li, University of Calgary.
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4.3.1.2 Implementation of fibril orientation
The user-defined “ORIENTATION” including “Distribution” introduced in
Section 3.3 was used to incorporate the fibril orientation in each of the 2D
solid axisymmetric elements: the principal eigenvector of a specific diffusion
tensor was defined as the x-axis of the local Cartesian coordinates of the
corresponding element.
ABAQUS requires the direction must be redefined for the local x- and z-axis
while the local y-axis must remain identical with the global hoop direction
(Abaqus Analysis user’s manual 2.2.5). So only the direction of the local x-
axis needed to be defined, the local z-axis would be confirmed automatically
by right-hand rule in ABAQUS.
“ORIENTATION” in the DT-MRI model
The realistic fibril orientations derived from DT-MRI were incorporated in the
DT-MRI model: the three components (Xij, Yij and Zij; i =1∙∙∙17, j=38∙∙∙74) of
every single principal eigenvector were implemented to the corresponding
element in Figure 3.2 to represent the fibril orientation in this element. As the
element number in Figure 3.2 was increasing from bottom to top, the three
components of principal eigenvector for the first element should be (X17,38,
Y17,38 , Z17,38); part of the detailed code corresponding to Figure 3.3 is
displayed below:
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In
d
e
e
c
c*DISTRIBUTION TABLE, NAME=tab2
COORD3D, COORD3D
*DISTRIBUTION, NAME=dist2, LOCATION=element, TABLE=tab2
, aX0,aY0,aZ0,bX0,bY0,bZ0
1, X17,38,Y17,38,Z17,38,0,1,0
2, X17,39,Y17,39,Z17,39,0,1,0
…
37, X17,74,Y17,74,Z17,74,0,1,0
38, X16,38,Y16,38,Z16,38,0,1,0
…
74, X16,74,Y16,74,Z16,74,0,1,0
…
629, X1,74,Y1,74,Z1,74,0,1,0
*ORIENTATION, NAME=ORI, DEFINITION=COORDINATES, SYSTEM=RECTANGULAR
dist2“ORIENTATION” in the DT-MRI-top model
this model, fibrils in the top 2 layers in Figure 3.2 were designed to
istribute horizontally. So the three components of every single principal
igenvector in the corresponding element (from the 556th to the 629th
lement) in the top 2 layers was (1,0,0), while the local Cartesian
oordinates in others elements did not changed. The subroutine was
hanged as:
*SOLID SECTION, ELSET=N_CART, material=CARTILAGE_MTL, ORIENTATION=ORI
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U*DISTRIBUTION TABLE, NAME=tab2
COORD3D, COORD3D
*DISTRIBUTION, NAME=dist2, LOCATION=element, TABLE=tab2
, aX0,aY0,aZ0,bX0,bY0,bZ0
1, X17,38,Y17,38,Z17,38,0,1,0
2, X17,39,Y17,39,Z17,39,0,1,0
…
555, X3,74,Y3,74,Z3,74,0,1,0
556, 1,0,0,0,1,0
…
629, 1,0,0,0,1,0
*ORIENTATION, NAME=ORI, DEFINITION=COORDINATES, SYSTEM=RECTANGULAR
dist24.3.2 Models of the uniform reinforced group
oth of the Uniform-Cons model and the Uniform-SD model were the further
implification of the DT-MRI-top model: no specific orientation of collagen
brils were implemented, the local Cartesian coordinate in each element was
efined to be the same as the global system. The two uniform reinforced
odels were set up to investigate the influence of the strain dependent
oung’s modulus of the fibrillar network by comparing to each other, and
lso the effect of fibril orientation implementation through the contrast with
e DT-MRI model.
4.3.2.1 Mechanical property of material
Uniform reinforced model with constant Young’s modulus (Uniform-
ons)
order to make the vertical deformation of the cartilage surface of the
niform reinforced models match the DT-MRI model at the end of the ramp
*SOLID SECTION, ELSET=N_CART, material=CARTILAGE_MTL, ORIENTATION=ORI
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loading stage, the value of the Young’s modulus Efx and Efy (represents
modulus in local x and y direction respectively) in this model was adjusted
while Efz = 0 (Figure 4.6).
In Figure 4.6, only the curve of the Uniform-Cons model with 2.15MPa
Young’s modulus could match the vertical deformation of the cartilage
surface of the DT- MRI model at t = 2s. The other material parameters in this
model (Table 4.3) were the same as the DT- MRI model. The user-defined
subroutine “UMAT” was still used in this model, although the Young’s
modulus was constant.
Figure 4.6 Adjustments of Young’s modulus in the Cons E model to achieve
the same maximum axial displacement as DT-MRI model at the end of
ramp loading (t = 2s).
Uniform reinforced model with strain dependent Young’s modulus
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0
0.1
0.2
0.3
0.4
0.5
0.6
0.7
0.8
0 0.5 1 1.5 2
Re
la
tiv
el
y
A
xi
al
D
ef
or
m
at
io
n
(%
)
Ramp Loading Time (s)
DT-MRI
Uniform-Cons E2.15
Uniform-Cons E1.8
Uniform-Cons E2.0
Uniform-Cons E2.2
- 105 -
The mechanical property parameters and their values of cartilage in this
model were same as the DT-MRI model (Table 4.2) i.e. the Young’s
modulus Efx and Efy was (3 + 1600ε MPa) respectively while Efz = 0. The
user-defined subroutine “UMAT” was also used in this model to implement
the strain dependent Young’s modulus of the fibrillar network.
4.3.2.2 Definition of the local coordinate system
For each element, the local Cartesian system was aligned with the global
system. This effectively aligned the fibril orientation with the global X-axis in
each case. Therefore, when the material model was modified based on this
orientation, each element was given an equal, maximum reinforcement in
the local x-direction. Instead of the user-defined “ORIENTATION” including
“Distribution” in Section 3.3, the ‘Keyword’ method was used to define the
local system by specifying the locations of points a, b, and c directly (Abaqus
Analysis User's Manual 2.2.5). The data lines to define the orientation using
DEFINITION=COORDINATES can be found in “ORIENTATION” of Abaqus
Keywords Reference Manual. The detailed input file in these two models to
define the local Cartesian coordinate was:
I
i*Orientation, name=Ori-1, DEFINITION=COORDINATES, SYSTEM=RECTANGULAR
1.0, 0.0, 0.0, 0.0, 1.0, 0.04.3.3 The isotropic poroelastic model
n order to produce the comparable results, the value of Young’s modulus E
n Table 1 was adjusted to be 0.91MPa to make the vertical deformation of
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the cartilage surface in Isotropic model match the DT- MRI model at the end
of the ramp loading stage (Figure 4.7).
Figure 4.7 Adjustments of Young’s modulus in the ISO model to achieve the
same maximum axial displacement as DT- MRI model at the end of
ramp loading (t = 2s).
4.4 Results
The results from different models such as the contact pressure, the pore
pressure, the fluid load support and the stress along the cartilage surface
were collected and compared in a same figure. The axial and radial
displacements of nodes on the open side were also compared. The fluid
velocity and the contour of pore pressure through the whole cartilage sample
were displayed separately.
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In all of the modelling cases, nodes at the bottom of the lowest layer were
prevented from displacing by the applied boundary conditions at that point;
the radial deformation was normalized by the cartilage radius (2.59 mm) and
the axial deformation by the cartilage thickness (1.19 mm).
4.4.1 Contact pressure, pore pressure and fluid load support
on cartilage surface
Variation of the contact pressure distribution along the cartilage surface was
apparently different among the three model-groups (Figure 4.8): The DT-
MRI and DT-MRI-top model had a much higher maximum value but
decreased faster while the other models varied smoothly. The slight
difference between the curves of Uniform-Cons and Uniform-SD models
showed that the strain dependent Young’s modulus of collagen fibril did not
affect contact pressure markedly in this group.
Figure 4.8 Distribution of contact pressure along cartilage surface at the end
of ramp loading (t = 2s).
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Figure 4.9 clearly shows that fibril reinforcement could increase the value of
pore pressure comparing to the ISO model. It can also be found that strain
dependent Young’s modulus influenced pore pressure of Uniform-SD model
more apparently than it did on contact pressure in Figure 4.8.
Figure 4.9 Distribution of pore pressure along cartilage surface at the end
of ramp loading (t = 2s).
The value of fluid load support at the contact zone of cartilage surface in the
four models with fibril reinforcement increased markedly compared to the
simple Isotropic model (from <60% to >80%), although there were more
fluctuations in the curve of the DT-MRI model than those of the other three
models (Figure 4.10).
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Figure 4.10 Comparison of fluid load support along cartilage surface at the
end of ramp loading (t = 2s).
Figures 4.8 - 4.10 clearly show the peak value of observed parameters
located on the symmetric centre of cartilage surface (except the fluid support
of DT-MRI and DT-MRI-top models). The detailed values of the observed
parameters at the end of ramp loading (t = 2s) are compared in Table 4.4.
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Table 4.4 Comparison of results on axisymmetric surface centre of cartilage
sample at the end of ramp loading (t = 2s).
Although the peak value of fluid load support in the Uniform-SD model was
similar as that of the DT-MRI model (Table 4.4), it decreased much more
rapidly after ramp load, while the load was maintained (Figure 4.11).
Results on surface
centre
Models
Contact
pressure
( KPa)
Pore
pressure
( KPa)
Fluid load
support
(%)
Isotropic model 14.15 8.18 57.80
Uniform
reinforced
models
Uniform-Cons 11.67 11.0 87.33
Uniform-SD 11.91 11.10 93.26
Realistic
fibril
distribution
models
DT-MRI 52.26 50.06 95.78
DT-MRI-top 50.95 47.57 93.35
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Figure 4.11 Comparison of fluid load support at the centre of cartilage
surface during loading period.
4.4.2 The fluid velocity of cartilage
The fluid velocity (FLVEL) was fairly homogeneous in the Isotropic model
and the Uniform reinforced models (Figure 4.12). In those cases, it
increased from top to bottom along the open side (right) edge of cartilage
although the magnitude was obviously higher in the two latter models. Both
uniformly reinforced models generated velocity maps which were aligned
with the fibril orientation, showing less fluid movement between layers than
in the isotropic case.
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(a)
(b)
(c)
(d)
(e)
Figure 4.12 Fluid velocity (mm/s) of (a) Isotropic, (b) Uniform-Cons, (c)
Uniform-SD, (d) DT-MRI and (e) DT-MRI-top at the end of ramp loading
(t = 2s).
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In the DT-MRI and DT-MRI-top cases, the velocity direction was highly
variable. The higher velocity magnitude close to the Isotropic model and the
Uniform reinforced models but much more concentrated around the
symmetric axis. The lower magnitude close to the open edge implies that the
fluid was trapped and less had been expelled at this time point (t = 2s). In
the meantime, no apparent difference was found between the two models in
the same group, except the more regular distribution in the first layer
elements of the DT-MRI-top model compared to the DT-MRI model (Figure
4.12).
4.4.3 The contour of pore pressure within cartilage
The map of pore pressure throughout the tissue was similar for the two
models within the same group. This is particularly clear for the two DT-MRI
based models (Figure 4.13). However, the contours of pore pressure
showed apparent differences in magnitude and distribution among the three
groups of models. Low pressure region near the open edge is much wider in
the DT-MRI group models than in the Uniform reinforced models; it is even
wider near the cartilage surface in the Isotropic model but decreases rapidly
to the cartilage bottom. High pressure regions near the symmetric axis in the
DT-MRI group models confirm that fluid is trapped and pressurised in that
area, when compared to the uniform distribution in the other cases (Figure
4.13).
- 114 -
(a)
(b)
(c)
(d)
(e)
Figure 4.13 Contour of pore pressure (MPa) of (a) Isotropic, (b) Uniform-
Cons, (c) Uniform-SD, (d) DT-MRI and (e) DT-MRI-top model at the
end of ramp loading (t = 2s).
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4.4.4 The radial and axial deformation of the cartilage open
edge
4.4.4.1 The radial deformation of nodes on the open edge of
cartilage
In Figure 4.14, the radial deformation of cartilage open edge was lowest in
the Uniform-SD model; it decreased gradually from top to bottom in the
curve of the Isotropic model but began to decrease from the 5th and 10th
layer respectively in the Uniform-Cons and the Uniform-SD model.
In the curves of the DT-MRI model and the DT-MRI-top model, radial
deformation of the top seven layers (nodes 1st-8th in Figure 4.12) was much
lower than those in the Isotropic model although it was higher on the other
ten layers (nodes 9th -18th); meanwhile, the top 2 layers in the DT-MRI-top
model deformed apparently less than the DT-MRI model (Figure 4.14).
Figure 4.14 Comparison of radial deformation on open edge of cartilage at
the end of ramp loading (t = 2s).
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4.4.4.2 The axial deformation of the cartilage open edge
Although the Isotropic and Uniform-Cons model was designed to match the
axial deformation of the DT-MRI model at the end of ramp loading (Figure
4.6 and 4.7), the axial displacement of each individual node along the open
edge and the axial deformation of each layer of cartilage may be different.
The axial displacement of each node along the open edge of cartilage
The axial displacements of the nodes on the open edge of cartilage in the
three models with same total axial deformation (i.e. Isotropic, Uniform-Cons
and DT-MRI) were truly different. But between the corresponding nodes in
the two models of DT-MRI group, only on the upper parts of the open
cartilage edges were slight difference found while the lower parts of the open
edges were nearly coincide. Nodes in the Uniform-SD model had the lowest
axial displacements compared to the other four models (Figure 4.15).
Figure 4.15 Comparison of axial displacement of nodes along the open edge
of cartilage at the end of ramp loading (t = 2s).
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The axial deformation of each layer of the cartilage
The axial deformation of a specific cartilage layer was defined as the
difference of the axial displacement of the top and bottom vertex of the
corresponding element along the open edge. This can be calculated from
Figure 4.15: the difference of two contiguous nodes in the same curve (from
top to bottom) was the axial deformation of cartilage layer between the two
nodes (Figure 4.16). As the curves of the two models of DT-MRI group are
nearly coincide (Figure 4.15), the axial deformation of cartilage layers of the
DT-MRI-top model was not calculated in order to make the curves more
distinguishable.
Figure 4.16 Comparison of axial deformation of elements along the open
edge of cartilage at the end of ramp loading (t = 2s).
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4.4.5 The radial stress on the cartilage surface
Radial stress around the symmetric axis along the cartilage surface was
much higher in the two groups of fibril reinforced models than that in the
Isotropic model. Larger fluctuations appeared in the curve of the DT- MRI
model compared to the DT-MRI-top model, while the curves of other three
models distributed smoothly (Figure 4.17).
Figure 4.17 Distribution of radial stress (S11) along cartilage surface at the
end of ramp loading (t = 2s).
4.4.6 The axial deformation of cartilage during loading period
The normalized axial deformation of cartilage was compared across all five
models during the full loading period (Figure 4.18). After one hour’s creep all
models had reached equilibrium with the exception of the group of DT-MRI
based models.
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Figure 4.18 Normalized axial deformation of cartilage during the loading
period (3602s).
4.5 Discussion
The functional role of collagen in unconfined compression of articular
cartilage was clarified when the tension-compression nonlinearity had been
incorporated in the theoretical modelling of cartilage collagen (Soltz and
Ateshian, 2000): the high tensile stiffness of collagen acts in a similar way to
as the rigid side-wall of a confining chamber, to resisting lateral expansion,
and pressurizing the interstitial fluid considerably. The combination of these
factors enables the interstitial fluid to support most of the applied external
loading. However, no numerical results from realistic fibril-reinforced
cartilage model have been reported to support the interpretation directly. The
findings from implementing collagen fibril direction derived from DT-MRI data
in this study were reasonably consistent with Park et al. (2003) and provided
direct support to the theoretical explanation (Ateshian, 1996).
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4.5.1 The effect of the user defined subroutine “UMAT”
4.5.1.1 The effect on the surface zone of cartilage
With the implementation of “UMAT” to the four reinforced models, the
Young’s modulus in the axial direction (0.26 MPa) was defined much lower
than in the Isotropic model (0.91 MPa). Theoretically, the axial deformation
of the upper part of cartilage (the top two layers in Figure 4.2) in the
reinforced models would be much greater than in the Isotropic model.
However, the axial deformation of the top two cartilage layers in the
reinforced models was nearly same as in the Isotropic model except slightly
larger in the Uniform-Cons model (Figure 4.16). This was due to the
powerful reinforcement of the large Young’s modulus in the radial direction
((0.26 + 2.15) MPa in the Uniform-Cons model or (0.26 + 3 +1600ε) MPa in
the other three models) defined by the “UMAT”.
Compared to the Isotropic model, the cartilage surface in these four models
was strengthened in the radial direction and became tangentially stiffer -
radial stress around the symmetric axis along cartilage surface was
therefore much higher in these models than that in the Isotropic model
(Figure 4.17). Similarly, the underneath part of the top two layers of cartilage
was also somewhat strengthened and became tangentially stiffer. When the
cartilage was compressed, this upper zone in the reinforced models moved
down readily with less radial deformation than those in Isotropic model
(Figure 4.14) i.e. the lateral expansion of this zone was resisted by the
higher tensile stiffness of collagen fibril in the reinforced models. Hence,
pressurization of interstitial fluid in the upper part of cartilage in the
reinforced models was enhanced markedly and higher pore pressure was
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produced (Figure 4.9 and Table 4.4) to support the applied load (Figure
4.10).
4.5.1.2 The effect on pore pressure and fluid velocity throughout
the cartilage
As the hop direction remained unchanged in the 2D axisymmetric models,
the Young’s modulus in this direction was still much greater than in the axial
direction in the deeper region under the top two layers of cartilage in the
reinforced models. So the “UMAT” not only enhanced the pressurization of
interstitial fluid in the upper part of cartilage (Figure 4.9), but also throughout
the tissue to produce different fluid flow in contrast with the Isotropic model
(Figure 4.12 and 4.13).
As mentioned in Section 4.2.5, the differences of pore pressure at the
various parts of cartilage made the interstitial fluid flowing from the parts with
higher pore pressure to the other parts where pore pressure was lower. In
the uniformly reinforced models implementing “UMAT”, high pore pressure
distributed in the majority area of cartilage ((b) and (c) in Figure 4.13)
leading to the fairly homogeneous fluid velocity within the tissue ((b) and (c)
in Figure 4.12). Meanwhile, zero pore pressure distributed along the outer
edge almost evenly and the adjacent area with low pore pressure was
narrow ((b) and (c) in Figure 4.13). The higher pore pressure next to these
two area produced a high fluid velocity and let the interstitial fluid flowed
freely out through the whole edge ((b) and (c) in Figure 4.12).
For the Isotropic model, zero pore pressure distributed more and more wide
from bottom to top along the outer cartilage edge ((a) in Figure 4.13). So the
large difference of pore pressure was only produced near the corner
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between the outer edge and the bottom of cartilage ((a) in Figure 4.13)
leading to the concentrated high fluid velocity at this corner ((a) in Figure
4.12).
4.5.2 The influence of the realistic fibril orientation
In the DT-MRI group models, the implementation of the realistic fibril
orientation caused an inhomogeneous pore pressure field ((d) and (e) in
Figure 4.13). The fluid was channelled towards lower pressure elements
causing bottlenecks in the flow. It therefore took more time for the fluid to be
expelled from the structure and a larger amount of pressure was built for a
particular ramp load. Furthermore, the area of zero pore pressure and the
adjacent low pressure area ((d) and (e) in Figure 4.13) were much wider
than those in the uniformly reinforced models ((b) and (c) in Figure 4.13).
The fluid in these two area could not get the high velocity from the tiny
pressure difference between the two area. So the fluid flowing out of the
cartilage was much less than in the uniformly reinforced models ((d) and (e)
in Figure 4.12). All of these factors caused by the realistic fibril orientation
combined together and led to the long maintaining of the high fluid load
support at the centre of cartilage surface (Figure 4.11) although this is not
consistent with the literature (Mow et al., 2005). However, this phenomena
was also found in the equilibrium model of Kazemi et al. (2011) using the
same “UMAT” and also implementing the realistic fibril orientation: the value
of pore pressure was also remarkably high (66% of the peak value) after
2000 seconds’ creep.
As introduced in Section 2.4, several collagen fibril angles were greater than
50° in the top two layers. Although this phenomenon had been explained by
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Visser et al. (2008b), it did cause the larger fluctuation of fluid load support in
DT-MRI model. In the case where the fibrils in the top two layers were
idealized to be flat, the curve of the DT-MRI-top model varied much more
smoothly (Figure 4.10).
4.5.3 The effect of strain dependent Young’s modulus
Strain-dependent Young’s modulus had very little influence on contact
pressure along cartilage surface in the two uniformly reinforced models
(Figure 4.8). However, it did affect the pore pressure along cartilage surface
more apparently (Figure 4.9 and Table 4.4). This is due to the markedly
difference of radial deformation of cartilage top layer between the two
models (Figure 4.14), compared to the much less difference of axial
deformation in Figure 4.16. So the interstitial fluid in the top layer of cartilage
in the Uniform-SD model was pressurized more greatly than in the Uniform-
Cons model and the higher pore pressure was produced.
4.5.4 Limitation of the 2D axisymmetric DT-MRI model
There are a number of limitations related to the realistic fibril orientation in
the 2D axisymmetric model.
First of all, the applied load was limited to 0.2N in the 2D model
implementing fibril orientation derived from the DT-MRI data while much
higher load (≥ 2.6N) could be applied to the Isotropic and uniformly
reinforced models. Even the load was so low, the 2D DT-MRI based models
were difficult to achieve the equilibrium after one hour’s creep (Figure 4.18).
Another limitation is the consideration of the fibril orientation in the 2D
axisymmetric model: when it was rotated around the axis of symmetry, one
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vertical (or oblique) fibril in the 2D plane formed a ring of reinforced material
which does not exist in the real tissue.
In order to solve the above problems, three dimensional fibril reinforced
model will be set up in the following chapter.
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Chapter 5 Three-dimensional Fibril-reinforced Model
5.1 Introduction
The systematic 2D axisymmetric models with poroelastic material set up in
Chapter 4 investigated the capabilities of the fibril-reinforced model in
describing the fluid load support in articular cartilage. However, the 2D DT-
MRI based model could only support a low load (0.2N) and was difficult to
achieve the equilibrium after one hour creep (Figure 4.18). This made it
impossible to validate the fibril-reinforced model with the data under the
higher load, or simulate physiological stress and strain conditions. In order to
solve this problem, a 3D fibril reinforced model is set up in this chapter
implementing the fibril orientation derived from the DT-MRI data, and the
modeling result is compared to the corresponding information recorded from
the unconfined compression experiment under a higher load of 5.4N.
Furthermore, the fibril orientations from the whole DT-MRI slice can be
implemented to the 3D model while only half of the DT-MRI data used in the
3D model.
As in Chapter 4, a simple 3D isotropic poroelastic model was created to
carry out the mesh sensitivity analysis in the second section. The geometry
of the 3D model was set up first. The element type was then determined and
the mesh sensitivity analysis was performed. The verified mesh was used in
all of the 3D models in Section 3 including the model implementing DT-MRI
data, the uniformly reinforced model incorporating constant Young’s
modulus and the isotropic model.
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In the fourth section, the normalized vertical displacement of cartilage
surface was transformed from the experimental record of cartilage thickness
provided by Dr Robin Damion, derived in the MRI experiments. The curve of
cartilage deformation during the creep test was also produced. In order to fit
this curve, the values of the material parameters of the DT-MRI based model
were adjusted to carry the higher applied loads.
In Section 5, the results of the models in Section 3 were compared and the
validation results from Section 4 were also displayed. Then, all of these
results were analyzed in the final section.
5.2 Model and Method
The 3D models in this chapter were set up to replicate the unconfined
compression of a cylindrical specimen of articular cartilage with 6.0mm
diameter and 1.36mm thickness (excluding bone; Figure 4.1). The cartilage
was fixed to the bone. The concentrated load was applied through a rigid
plate over a ramp time of 2 seconds and then maintained for one hour
(Figure 4.1). The following boundary conditions, geometry, and mesh were
used in all of the 3D models.
5.2.1 Geometry of the 3D models
As introduced in Chapter 2, the orientations of the collagen fibrils were
derived from the DT-MRI data by scanning a cross-section slice of a
cylindrical cartilage sample (Figure 2.1). There were no such data in other
parts of the cartilage to define the direction of the collagen fibril in those
areas. The limited fibril orientation information means that we must make
assumptions which extrapolate the data from the single slice to any 3D
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volume modelled. So the cylinder geometry should not be used in the 3D
model, although it was most accurate. However, the scanning slice itself
could not be used to simulate the cylindrical cartilage specimen, with a
thickness of only 2.0mm along the global Y-axis (Figure 5.1).
In order to implement the collagen fibril orientation throughout the cartilage
geometry in the 3D fibril reinforced model, the structured pixel grid of
diffusion tensor MRI with 17 rows and 74 columns (Figure 5.1) was extruded
to 5.18mm along the global Y-axis. The rectangular cube was formed as the
geometry of the 3D model (Figure 5.2), with 5.18 × 5.18 mm2 squared top
surface and bottom perpendicular to global Z-axis.
Figure 5.1 The structured pixel grid of diffusion tensor MRI (17 rows and 74
columns).
5.2.2 Boundary conditions and load
As in the 2D axisymmetric models in Chapter 4, all nodes on the cartilage
base were constrained in all directions, replicating a perfectly rigid substrate
The pore pressure at the nodes on the outer cartilage edges was set to be
X
Z
Y.
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zero. Flow was prevented from nodes on the base and top surface of
cartilage. The 1.1N concentrated load was applied through the reference
point of the rigid plate. The reference point was constrained in the horizontal
direction to prevent translation parallel to the surface; its rotation was also
constrained. A contact condition, with a zero coefficient of friction, was
created between the rigid plate and the top surface of cartilage. The soil
consolidation procedure in ABAQUS was used to simulate the creep test in
the tissues.
5.2.3 Material model
Each of the 3D model cases was assigned a poroelastic material where both
a solid and fluid phase are considered. In cases where the fibre
reinforcement was included, a distribution of fibre orientations was created.
The material model was modified in these local fibre directions. Fibril strain-
dependence was introduced using a user-defined material subroutine.
5.2.4 Mesh of the 3D models
5.2.4.1 Element type
For the three dimensional contact problems simulated in this thesis, the
twenty-node hexahedral elements (C3D20) in ABAQUS experienced very
slow solver convergence (Li et al., 2009). In order to reduce the running time
of the 3D finite element models, reduced integration with lower-order
integration was used to form the element stiffness (ABAQUS 6.10, Analysis
user’s manual 25.1.1). For example, the hexahedral element C3D20 has 27
integration points while C3D20R has only 8. Therefore, element assembly is
roughly 3.5 times more costly for C3D20 than for C3D20R. However, the
first-order, reduced-integration elements such as C3D8R may cause hour
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glassing problem in 3D stress/displacement analyses in Abaqus/Standard.
Since these elements have only one integration point, it is possible for them
to distort in such a way that the strains calculated at the integration point are
all zero leading to uncontrolled distortion of the mesh. However, the second-
order reduced-integration elements do not have the same difficulty
(ABAQUS 6.10, Analysis user’s manual 25.1.1). According to this point and
also to include the interstitial pore fluid analysis, the C3D20RP element was
chosen for the 3D models.
5.2.4.2 Mesh of the 3D model
On the vertical surface perpendicular to global Y-axis in the 3D model
(Figure 5.2), the mesh was identical with the structured pixel grid of the MRI
imaging i.e. 17 rows and 74 columns of elements with both vertical and
horizontal dimensions were 70μm.
Figure 5.2 Mesh of the 3D fibril-reinforced cartilage model with 8×17×74
elements.
X
Z
Y
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For the convenience to define the centre and midlines on the top surface of
cartilage, the element number along the cartilage edge parallel to the Y-axis
was designed to be even. In order to determine this specific number, mesh
sensitivity analysis was carried out.
5.2.5 Mesh sensitivity analysis of the 3D isotropic model
In order to analyze the mesh sensitivity on the peak value of fluid load
support, poroelastic material in Table 4.1 was employed in the 3D
axisymmetric isotropic FE model: Young’s modulus E = 0.69 MPa (Mononen
et al., 2010), the Poisson’s ratio ν = 0.36, the permeability k = 0.003 mm
4/N∙s
and the initial void ratio e0 = 4.0 (Li et al., 2009). The model was
homogenous i.e. all material parameters were constant through the tissue
depth.
As the element numbers along the edge parallel to the X and Z-axis were
coincide to the MRI pixel grid (17 rows and 74 columns; Figure 5.1), the
mesh sensitivity analysis was performed by doubling the even number of
elements along the cartilage edge parallel to the Y-axis. In order to save the
computation time, ‘8’ was selected to be the initial number.
The 3D isotropic models with the mesh densities of 32×17×74 and
64×17×74 elements were too computationally intensive to be practical. So
only the results of two models with 8×17×74 (Figure 5.2) and 16×17×74
elements were compared:
- 131 -
(a)
(b)
(c)
Figure 5.3 Comparison of contact pressure (a), pore pressure (b) and fluid
load support (c) at the centre of cartilage surface in isotropic models
with different number of elements during the simulation (t=3600s).
The axial displacement of cartilage surface during the simulation is also
compared in Figure 5.4:
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Figure 5.4 Comparison of axial displacement of cartilage surface in isotropic
models with different number of elements during the simulation
(t=3600s).
In Figures 5.3 and 5.4, no apparent differences were found between the
corresponding curves of the two 3D isotropic models with different element
number. To reduce the running time of computation, the mesh with 8×17×74
elements was selected to set up the 3D fibril-reinforced model.
5.2.6 Method to implement the DT-MRI data
The similar method as that in the 2D axisymmetric model introduced in
Section 3.3 was used in the 3D model to implement the DT-MRI data (as the
collagen fibril orientation). The collagen fibril orientation was defined it as the
x-axis of the local rectangular coordinate system.
Except the similar part in the process to set up local system, there were two
important differences in the 3D model in contrast with the 2D axisymmetric
model according to Section 3.4. First, two coordinate axes of the local
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system were required to be defined in the 3D model while the coordinates of
point b lying on the local y-axis needed to be calculated in advance. The
second difference was, in each single horizontal layer of the 3D mesh
(Figure 5.2), all of the eight elements along each unique line perpendicular
to the vertical surface with 17×74 elements were defined as an element set -
totally 1258 element sets. All other seven elements in the same set were
implemented with the same fibril direction (and also the same local system)
as the corresponding element on the vertical surface.
To implement the orientation of collagen fibril to each element set in the DT-
3D model, the code to use ‘ORIENTATION’ and ‘DISTRIBUTION’ was the
same as the one in Figure 3.6.
5.2.7 Outputs from the 3D models
The output parameters in this chapter were similar as those in the 2D
axisymmtric models and most of the parameters were measured at the end
of the ramp loading i.e. the instant at t = 2s. However, the detailed positions
to collect these data were different due to the more complicated geometry
and element type. The element vertexes on the cartilage surface were
selected to form a path in the 2D models, and the values of the chosen
parameters on this path were recorded. But in the 3D models meshed by
C3D20RP elements, the path was composed of the midpoint of the related
element edges on the cartilage surface since the contact pressure was zero
on all of the element vertexes on cartilage surface.
- 134 -
5.2.7.1 Contact pressure, pore pressure, fluid load support and
stress on the surface of cartilage
Theoretically, the pore pressure with higher values should distribute in the
central area of the cartilage in the 3D models. As the element numbers
along the cartilage edge parallel to the global X- and Y-axis were designed
to be even (74 and 8 respectively) in Section 5.2.3, there were two existing
midlines crossing the centre on the cartilage surface in Figure 5.2. So the
surface paths used to collect the parameter value were defined to coincide
with these two midlines respectively, composing of the integration points of
the corresponding hexahedral element. The path parallel to the global X-
axis was named as Midline-X including 74 integration points, while the other
one parallel to the global Y- axis was Midline-Y having 8 points (Figure 5.5).
(a) (b)
Figure 5.5 Paths defined on the cartilage surface to collect the data of
related measurements in the 3D models (a) Midline-Y parallel to the
global Y-axis; (b) Midline-X parallel to the global X-axis (from right to
left).
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5.2.7.2 The fluid velocity and contour of pore pressure
The fluid velocity (FLVEL) within the cartilage represents the direction and
magnitude of the interstitial fluid flow. The contour of pore pressure
illustrates the pressure distribution at various parts of the cartilage. In the 2D
axisymmetric models in Chapter 4, the distributions of these two parameters
could only be displayed in a two dimensional map representing the
distributions at any other parts of the realistic three dimensional cartilage.
This may be feasible in the homogeneous models such as isotropic (or
transversely isotropic) model. But for the non-homogeneous models,
particularly the fibril reinforced model implementing realistic fibril orientation,
it is unreasonable due to the anisotropic material properties of the tissue.
For the 3D models in this chapter, the distributions at any part inside
cartilage could be investigated directly by view-cutting (ABAQUS manual -
Getting Started) the 3D geometry of the tissue. The most frequently used
patterns to cut the cartilage are the two cross-sections along the two
midlines (red lines in Figure 5.6) and perpendicular to the global X- and Y-
axis respectively in the meantime.
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and the four edges of the cartilage surface were recorded and calculated to
represent the vertical deformation of the top layer of cartilage.
The radial deformation
In order to compare the radial deformation of cartilage in different 3D
models, another two midlines perpendicular to the horizontal surface on the
corresponding vertical surface were defined respectively in Figure 5.2 -
Midline-X-Z in the global X-Z plane perpendicular to Midline-X and Midline-
Y-Z perpendicular to Midline-Y in the global Y-Z plane.
5.3 Modelling Cases
Three dimensional models were set up with different material settings: the
realistic fibril orientation model with strain dependent fibrillar Young’s
modulus (named DT-MRI-3D); the Uniform reinforced model with constant
dependent fibrillar Young’s modulus (Uniform-3D model); and the basic
model with isotropic poroelastic material (Isotropic-3D) - totally three
modeling cases. The same geometry, mesh, boundary conditions and
loading were used in all of the three models. The material properties
employed in these models, including the collagen fibril orientation (except in
the Isotropic-3D model), are described in Table 5.1.
The value of the fibril Young’s modulus on the local x-axis, Efx, in the
Uniform-3D model had been adjusted to 4.0 MPa and Efy = Efz = 1.33 MPa
to match the vertical displacement of the cartilage surface centre in the DT-
MRI -3D model at the end of the ramp loading stage, in order to make the
comparison reasonable. The Young’s modulus Em was also adjusted in the
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Isotropic model. To provide the information of the cartilage deformation to
carry out this adjustment, the DT-3D model was set up first.
Table 5.1 Material properties of different models (ε is the fibrillar strain in
each iteration and 4.0 represented 80% interstitial fluid).
Modelling case
Material parameter
DT-MRI -
3D
Uniform-
3D
Isotropic-
3D
Young’s modulus of nonfibrillar
matrix, Em (MPa)
0.52 0.52 1.13
Poisson’s ratio of nonfibrillar
matrix, vm
0.36 0.36 0.36
Young’s modulus of fibril on
local x-axis, Efx (MPa)
3+1600εx 4.0 n/a
Young’s modulus of fibril on
local y-axis, Efy (MPa)
0.9+480εy 1.33 n/a
Young’s modulus of fibril on
local z-axis, Efz (MPa)
0.9+480εz 1.33 n/a
Permeability, k (m4/N∙s) 3.0×10-15 3.0×10-15 3.0×10-15
Initial void ratio, e0 4.0 4.0 4.0
Source of fibril orientation DT-MRI
Manual
uniform
n/a
5.3.1 The 3D fibril reinforced model
5.3.1.1 Mechanical property of material
In the DT-3D model, the Young’s modulus of the fibrillar network was
direction dependent and varied linearly with tensile strain but to be zero for
compression: Efx = 3 + 1600εx MPa; Efy = 0.9 + 480εy MPa; Efz = 0.9 + 480εz
MPa (Efx, Efy and Efz represent modulus in local x, y and z direction
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respectively), εx, εy and εz is the fibrillar strain in local x, y and z direction as
described in Chapter 3. Efy and Efz were defined to simulate the tensile
stiffness of the collagen network produced by the cross-links (Kazemi et al.,
2011).
The material property of the nonfibrillar poroelastic matrix was same as the
2D fibril reinforced model except the Young’s modulus Em: isotropic with
Poisson’s ratio ߥm = 0.36, permeability k = 0.003 mm4/Ns and the initial void
ratio e0 = 4.0 (Li et al., 1999 and 2009). If 0.26 MPa was still used as the
value of Em, the fluid load support was higher than 100% at the end of ramp
loading (Figure 5.7) which was unreasonable at several integration points on
the Midline-X parallel to the global X-axis. When Em was increased to 0.52
MPa, all of the values of fluid load support were less than 100% (Figure 5.7).
Figure 5.7 Fluid load support along the Midline-X on cartilage surface
parallel to the global X-axis in the DT-MRI-3D models with different
values of Young’s modulus Em of the nonfibrillar at the end of ramp
loading (t = 2s).
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5.3.1.2 Implementation of fibril orientation
The user-defined “ORIENTATION” including “Distribution” introduced in
Section 3.4 was used to incorporate the fibril orientation in the DT-3D model.
Part of the detailed input file is displayed below:*DISTRIBUTION TABLE, NAME=tab2
COORD3D, COORD3D
*DISTRIBUTION, NAME=dist2, LOCATION=element, TABLE=tab2
, aX0,aY0,aZ0,bX0,bY0,bZ0
element set name, X17,1, Y17,1, Z17,1,bX17,1,bY17,1,bZ17,1
element set name, X17,2, Y17,2, Z17,2,bX17,2,bY17,2,bZ17,2
…
element set name, X17,74, Y17,74, Z17,74,bX17,74,bY17,74,bZ17,74
element set name, X16,1, Y16,1, Z16,1,bX16,1,bY16,1,bZ16,1
…
element set name, X2,74, Y2,74, Z2,74,bX1,74,bY1,74,bZ1,74
element set name, X1,1, Y1,1, Z1,1,bX2,1,bY2,1,bZ2,1
…
element set name, X1,74, Y1,74, Z1,74,bX1,74,bY1,74,bZ1,74
*ORIENTATION, NAME=ORI, DEFINITION=COORDINATES
dist2“Distribution” in the DT-3D model
As introduced in Section 5.2.4, the principal eigenvector of a specific
diffusion tensor was defined as the x-axis of the local Cartesian coordinates
of the corresponding element set: the three components (Xij, Yij and Zij; i = 1
∙∙∙ 17, j = 1 ∙∙∙ 74) of every single principal eigenvector were implemented to
the corresponding element set in Figure 5.2 to represent the fibril orientation
in all elements of this set.
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Calculation of the coordinates of point b lying on the local y-axis
There were two steps to define the coordinates of the second local point b
for each element set in the “Distribution”. Firstly, the three coordinate
components of the point (bXij, bYij, bZij; i = 1 ∙∙∙ 17, j = 1 ∙∙∙ 74) should be
calculated in advance using Formula 3.9. Then, the components were input
to the corresponding element set.
5.3.2 The 3D uniformly reinforced model
5.3.2.1 Mechanical property of material
In order to make the vertical displacement at the cartilage surface centre of
the 3D uniformly reinforced models match the DT-MRI-3D model at the end
of the ramp loading stage, the values of the fibril Young’s modulus on the
local axes in this model had been adjusted (Figure 5.8) while the other
material parameters in Table 5.1 remained unchanged.
In Figure 5.8, only the curve of the Uniform-3D model with 4.0 MPa fibril
Young’s modulus Efx (and 1.33 MPa for Efy and Efz) could match the vertical
displacement of the cartilage surface of the DT-MRI-3D model at t = 2s. The
other material parameters in this model (Table 5.1) were same as the DT-
MRI-3D model. The user-defined subroutine “UMAT” was still used in this
model, although the Young’s modulus was constant.
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Figure 5.8 Adjustments of Young’s modulus in the Uniform-3D model to
achieve the same axial displacement of cartilage surface centre as DT-
MRI-3D model at the end of ramp loading (t = 2s).
5.3.2.2 Definition of the local coordinate system
Similar as the 2D uniformly reinforced models in Section 4.3, no specific
orientation of collagen fibrils were implemented this 3D uniformly reinforced
model. The local Cartesian coordinate in each element was defined to be the
same as the global system. This effectively aligned the fibril orientation with
the global X-axis. Each element was given an equal, maximum
reinforcement in the local x-direction when the material model was modified
based on this orientation.
Instead of the user-defined “ORIENTATION” including “Distribution” in
Section 3.3, the ‘Keyword’ method was used to define the local system by
specifying the locations of points a and b directly (Abaqus Analysis User's
Manual 2.2.5). The detailed input file in this model to define the local
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Cartesian coordinate was the same as the one used in the 2D uniformly
reinforced models in Section 4.3:*Orientation, name=Ori-1, DEFINITION=COORDINATES, SYSTEM=RECTANGULAR
1.0, 0.0, 0.0, 0.0, 1.0, 0.05.3.3 The isotropic poroelastic model
In order to produce the comparable results, the value of Young’s modulus E
in Table 5.1was increased to 1.13MPa from 0.69MPa in Section 5.2
(Mononen et al., 2010) while the other material parameters remained. This
adjustment made the vertical deformation of the cartilage surface centre in
the Isotropic-3D model match the DT-MRI-3D model at the end of the ramp
loading stage (Figure 5.9).
Figure 5.9 Adjustments of Young’s modulus in the Isotropic-3D model to
achieve the same axial displacement of cartilage surface centre as the
DT-MRI-3D model at the end of ramp loading (t = 2s).
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5.4 Validation of the 3D DT-MRI based model
The MRI experimental data used in this project was generated from tests
performed by Robin Damon (School of Physics, University of Leeds), a
creep test (unconfined compression) were carried out on the cartilage
sample for 37.5 minutes under 0.2 MPa pressure after the acquirement of
the diffusion tensor, using a 9.5T MRI machine in the School of Physics and
Astronomy. Cartilage thickness was recorded during the loading period. The
measurement was performed using the AnalyzeTM image analysis software.
According to the experimental record, the initial cartilage thickness was
1355μm (slightly thinner that the result of 1.36 mm in Fermor et al., 2013).
This is not consistent with the corresponding data in the 3D DT-MRI model
which was 1190μm. In order to validate the 3D DT-MRI model, the data of
cartilage thickness was transformed to the information of the vertical
displacement of cartilage surface i.e. the vertical cartilage deformation and
normalized. The original deformation value at a specific time of the cartilage
sample was defined as the difference between the initial value and the value
corresponding to this time in the thickness record. Then the deformation
values were normalized as a percentage i.e. divided by the initial thickness
of cartilage (1355μm). Finally, the curve of the normalized vertical
displacement of cartilage surface during the creep test was produced (Figure
5.10).
In Figure 5.10, the vertical deformation of the cartilage sample did approach
the equilibrium which was slightly higher than 18% at the last stage of the
creep test. The validation of the DT-MRI-3D model was carried out by curve-
fitting this experimental result.
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Figure 5.10 Normalized vertical displacements (%) of cartilage surface in the
creep test.
In order to perform the validation, the value of the Young’s modulus of the
nonfibrillar matrix Em in the DT-MRI-3D model (Table 5.1) was increased to
enable the cartilage to support the higher applied load equivalent to the
applied pressure (0.2 MPa) in the experiment.
As the permeability k used in the previous models in this thesis was
3.0×10-15 m4/(N∙s) which was cited from Li et al. (2009). This value was in
the typical range of ~ 0.1-10×10−15 m4/(Ns) for permeability of articular
cartilage (Chen et al., 2001; Frank et al., 1987; Jurvelin et al., 2003; Mow et
al., 1984). However, the permeability of cartilage from bovine groove was
determined as 0.663×10−15 m4/(Ns) according to the latest measurement of
Fermor et al. (2013). So the value of permeability was also adjusted to
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investigate its effects on the modelling results of cartilage deformation and
the curve-fitting of the experimental data.
5.5 Results
The results from different modelling cases described in Section 5.3 are
collected and compared to each other in the first subsection. The validation
results are displayed separately in the second subsection.
5.5.1 Comparison of results from different 3D models
5.5.1.1 Contact pressure, pore pressure and fluid load support
on the cartilage surface
Comparison of contact pressure along midlines of the cartilage surface
The value of contact pressure was highest in the central parts of the midlines
and decreased to the parts near the edges in all of the three models (Figure
5.11), while the curve along Midline-X of the DT-MRI-3D model fluctuated
frequently (Figure 5.11(a)). The Isotropic model had the highest values along
Midline-Y (Figure 5.11 (b)).
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(a)
(b)
Figure 5.11 Comparison of contact pressure on the cartilage surface along
(a) Midline-X and (b) Midline-Y at the end of ramp loading (t = 2s).
Comparison of pore pressure along midlines of the cartilage surface
Similar as the distribution of contact pressure, the value of pore pressure
was also higher in the central parts of the midlines than in the parts aside
while the curves of the Isotropic-3D model were lowest along both midlines
(Figure 5.12). The curves of the DT-MRI-3D model had the highest values
although fluctuated along Midline-X (Figure 5.12 (a)).
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(a)
(b)
Figure 5.12 Comparison of pore pressure on the cartilage surface along (a)
Midline-X and (b) Midline-Y at the end of ramp loading (t = 2s).
Comparison of fluid load support along midlines of the cartilage
surface
Except on the limited number of points along Midline-X, the values of fluid
load support of the DT-MRI-3D model were higher than the corresponding
value of the other two models as expected (Figure 5.13 (a)). The curves of
the Isotropic-3D were the lowest with values less than 65% (Figure 5.13).
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(a)
(b)
Figure 5.13 Comparison of fluid load support on the cartilage surface along
(a) Midline-X and (b) Midline-Y at the end of ramp loading (t = 2s).
Distribution of contact pressure on the cartilage surface
Calculated only on the integration points of the reduced hexahedral element,
contact pressure distributed discontinuously with the higher values at the
central area of the cartilage surface and decreased to the region near the
edges in all of the three models (Figure 5.14).
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(a)
(b)
(c)
Figure 5.14 Contour of contact pressure (MPa) on the cartilage surface of (a)
the Isotropic-3D, (b) the Uniform-3D and (c) the DT-MRI-3D model at
the end of ramp loading (t = 2s).
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Distribution of pore pressure on the cartilage surface (Figure 5.15)
(a)
(b)
(c)
Figure 5.15 Contour of pore pressure (MPa) on the cartilage surface of (a)
the Isotropic-3D, (b) the Uniform-3D and (c) the DT-MRI-3D at the end
of ramp loading (t = 2s).
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The region with higher pore pressure around the cartilage surface centre
was much smaller in the Isotropic-3D model than in the Uniform-3D model
(brown area in Figure 5.15 (a) and (b)). Only in the DT-MRI-3D model, the
highest values of pore pressure emerged on the cartilage surface (central
region with grey and red colour in Figure 5.15 (c)).
Inside distribution of pore pressure on the cross-section of cartilage
perpendicular to the global X-axis
The highest value of pore pressure arose at different position of the cartilage
bottom in the three models (Figure 5.16). Different from the two simpler
models, the pore pressure with the second highest value also emerged from
the middle zone to the surface of cartilage (the upper red area in Figure 5.16
(c)) in the DT-MRI-3D model.
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(a)
(b)
(c)
Figure 5.16 Contour of pore pressure (MPa) on the cross-section
perpendicular to the global X-axis (out of the page) of (a) the Isotropic-
3D, (b) the Uniform-3D and (c) the DT-MRI-3D model at the end of
ramp loading (t = 2s).
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Inside distribution of pore pressure on cross section of cartilage
perpendicular to the global Y-axis (Figure 5.17)
(a)
(b)
(c)
Figure 5.17 Contour of pore pressure (MPa) on the cross-section
perpendicular to the global Y-axis (out of the page) of (a) the Isotropic-
3D, (b) the Uniform-3D and (c) the DT-MRI-3D model at the end of
ramp loading (t = 2s).
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In the Isotropic-3D and Uniform-3D model, the highest value of pore
pressure only arose around the centre of cartilage bottom (red region in
Figure 5.17 (a) and (b)). But in the DT-MRI-3D model, the highest pore
pressure also distributed in the whole central area of the tissue from the
surface to the bottom (grey and red region in Figure 5.17 (c)).
Contact pressure, pore pressure and fluid load support at cartilage
surface centre during the loading period
Although the peak values of contact pressure were similar in the three
models, the peak pore pressure was much higher in the DT-MRI-3D model
than in the other two models leading to the highest peak fluid load support
(Figure 5.18). The pore pressure and fluid load support decreased similarly
after ramp load and tended to zero while the load was maintained.
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Figure 5.18 Comparison of fluid load support at cartilage surface centre
during the loading period (t = 3602s).
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5.5.1.2 Distribution of fluid velocity
Distribution of fluid velocity on the vertical outer sides surfaces of
cartilage (Figure 5.19)
(a)
(b)
(c)
Figure 5.19 Distribution of fluid velocity (mm/s) on the vertical outer sides of
cartilage in (a) the Isotropic-3D, (b) the Uniform-3D and (c) the DT-MRI-
3D model at the end of ramp loading (t = 2s).
On the vertical sides perpendicular to the global X-axis, the Unifrom-3D
model had the largest fluid velocity (Figure 5.19 (b)); the Isotropic-3D model
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had similar distribution near the cartilage bottom as the DT-MRI-3D model
but less magnitude from the middle area to the cartilage surface (Figure 5.19
(a) and (c)). On the two vertical sides perpendicular to the global Y-axis, fluid
flew out only near the bottom of the tissue while increasing with the
complexity of the material, although the magnitude was much lower than that
on the adjacent sides (Figure 5.19).
Inside distribution of fluid velocity on the cross section of cartilage
perpendicular to the global X-axis
In each individual model in Figure 5.20, the distribution of fluid velocity
decreased from the outer edges to the central part of the cross section of
cartilage perpendicular to the global X-axis. Compared to the other two
models, the Unifrom-3D model had the lowest inside fluid velocity on the
section (Figure 5.20).
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(a)
(b)
(c)
Figure 5.20 Distribution of fluid velocity (mm/s) on the cross-section
perpendicular to the global X-axis (out of the page) of (a) the Isotropic-
3D, (b) the Uniform-3D and (c) the DT-MRI-3D model at the end of
ramp loading (t = 2s).
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Inside distribution of fluid velocity on the cross section of cartilage
perpendicular to the global Y-axis (Figure 5.21 )
(a)
(b)
(c)
Figure 5.21 Distribution of fluid velocity (mm/s) on the cross-section
perpendicular to the global Y-axis (out of the page) of (a) the Isotropic-
3D, (b) the Uniform-3D and (c) the DT-MRI- 3D model at the end of
ramp loading (t = 2s).
The Unifrom-3D model also had the lowest inside fluid velocity on the cross
section of cartilage perpendicular to the global Y-axis (Figure 5.21 (b)). Fluid
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velocity inside the Isotropic model distributed much more regularly in
contrast to the disorder distribution in the DT-MRI-3D model (Figure 5.21 (a)
and (c)).
5.5.1.3 Deformation of the cartilage
Radial deformation of cartilage along Midline-X-Z and Midline-Y-Z
(Figure 5.22)
(a)
(b)
Figure 5.22 Comparison of radial deformation of cartilage on the direction of
(a) global X-axis and (b) global Y-axis at the end of ramp loading (t =
2s).
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For the DT-MRI-3D model, radial displacement along the global X-axis of
points on Midline-Y-Z was higher than the value of the corresponding points
in the Uniform-3D model (Figure 5.22 (a)); but the values along the global Y-
axis on Midline-X-Z were lower than the Uniform-3D model (Figure 5.22 (b)).
Vertical deformation of cartilage layers along Midline-X-Z and Midline-
Y-Z (Figure 5.23)
Along both Midline-X-Z and Midline-Y-Z, the vertical deformation of the first
cartilage layer in the DT-MRI-3D model was larger than in the other two
models (Figure 5.23). The curves in this figure only represented the
information of the central region of cartilage and were not enough to
investigate the effect on the interstitial fluid pressurization in the whole first
layer of cartilage. More data on the vertical deformation of the first cartilage
layer were collected below, along the two midlines and edges of the cartilage
surface.
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(a)
(b)
Figure 5.23 Comparison of vertical deformation of cartilage layers along (a)
Midline-Y-Z and (b) Midline-X-Z at the end of ramp loading (t = 2s).
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The vertical deformation of elements along Midline-X and the two
cartilage surface edge in global X-Z plane (Figure 5.24; next page).
(a)
(b)
(c)
Figure 5.24 Comparison of vertical deformation of elements along Midline-X
and the two cartilage surface edge in global X-Z plane at the end of
ramp loading (t = 2s).
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For the DT-MRI-3D model, the deformation of the vertical edges of most
elements was apparently higher along both of the cartilage surface edges in
global X-Z plane (Figure 5.24 (a) and (c)) but lower than in the other two
models along Midline-X (Figure 5.24 (b)).
Vertical deformation of elements along Midline-Y and the two
cartilage surface edge in global Y-Z plane
The deformation of the vertical edges of elements along Midline-Y was
similar nearly coincide in the three models; and the differences between the
values in the DT-MRI-3D and Uniform-3D model were not so apparent small
(Figure 5.25) as those in Figure 5.24.
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(a)
(b)
(c)
Figure 5.25 Comparison of vertical deformation of cartilage layers in global
Y-Z plane at the end of ramp loading (t = 2s).
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Vertical displacement of cartilage surface centre during loading period
The normalized vertical displacement of cartilage surface centre was
compared across three models during the full loading period (Figure 5.26).
After one hour’s creep all models had reached equilibrium.
Figure 5.26 Comparison of vertical displacement of cartilage surface centre
during loading period.
5.5.1.4 Stress on the cartilage surface
Stress along Midline-X (S11) and Midline-Y (S22)
The highest values of stress (S11) along Midline-X of cartilage surface
distributed in the central area and decreased to the parts near the edges in
all of the three models, although the curve in the DT-MRI-3D model
fluctuated severely (Figure 5.27(a)). The value of stress along Midline-Y
(S22) increased with the complexity of the material (Figure 5.27(b)).
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(a)
(b)
Figure 5.27 Comparison of stress: (a) S11 (kPa) along Midline-X and (b) S22
(kPa) along Midline-Y at the end of ramp loading (t = 2s).
Stress along global X-axis (S11) and Y-axis (S22) on the cartilage
surface
In order to investigate of the effects of the implementation of “UMAT” and
fibril orientation, the distribution of S11 and S22 on the whole cartilage surface
are compared in Figure 5.28 and Figure 5.29 respectively.
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(a)
(b)
(c)
Figure 5.28 Stress along global X-axis (S11; MPa) on cartilage surface of (a)
the Isotropic-3D, (b) the Uniform-3D and (c) the DT-MRI-3D model at
the end of ramp loading (t = 2s).
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(a)
(b)
(c)
Figure 5.29 Stress along global Y-axis (S22; MPa) on cartilage surface of (a)
the Isotropic-3D, (b) the Uniform-3D and (c) the DT-MRI-3D model at
the end of ramp loading (t = 2s).
In the DT-MRI-3D model, highest values of S11 and S22 distributed in narrow
stripes along global Y-axis (grey and red area in Figure 5.28 (c) and Figure
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5.29 (c)) separated by the stripes with low values (green and blue area in
Figure 5.28 (c) and Figure 5.29 (c)). In contrast, S11 and S22 distributed
regularly in the Isotropic-3D and Uniform--3D model with higher values in the
central region ((a) and (b) in Figure 5.27 and Figure 5.29).
5.5.2 Validation results of the 3D DT-MRI based model
In order to enable the cartilage to support the higher load equivalent to the
applied pressure which was 0.2 MPa in the experiment, the Young’s
modulus of the nonfibrillar matrix Em in the DT-3D model were increased to
the range of 0.63 - 0.99 MPa from the value of 0.26 MPa in Table 5.1. The
axial displacements of the 3D-DT models with different Young’s modulus
were compared with the result of experiment (Figure 5.30).
In Figure 5.30, the curve of the DT-3D model with the Young’s modulus of
the nonfibrillar matrix Em = 0.66 MPa fitted the experimental data (blue
curve) better than the green curve with 0.63 MPa Young’s modulus at the
stage of equilibrium. The purple curve with 0.96 MPa Young’s modulus could
not follow the increase trend of the experimental data and achieved a much
lower equilibrium.
- 172 -
Figure 5.30 Comparison of axial deformation of cartilage in experiment and
modelling with different Young’s modulus of the nonfibrillar matrix (t =
2250s).
However, the red curve increased much faster than the experimental data
before the equilibrium stage. To fit the experimental curve better, the
permeability in the models with 0.63 MPa and 0.66 MPa Young’s modulus
was decreased to 1.0 × 10-15 m4/(N∙s) and 2.0 × 10-15 m4/(N∙s) respectively
from the value of 3.0 × 10-15 m4/(N∙s) in Table 5.1. The results of the
modified models were also compared with experimental data (Figure 5.31).
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Figure 5.31 Comparison of axial deformation of cartilage in experiment and
modelling with different Young’s modulus and permeability of the
nonfibrillar matrix (t = 2250s).
In contrast to the modelling results in Figure 5.30, the lower value of
permeability reduced the axial displacement of cartilage surface in the four
models in Figure 5.31 at the corresponding time. This made the two
modelling curves fit the experimental data better at the long period before
the equilibrium stage of creep test (Figure 5.31).
5.6 Discussion
The numerical results from the 3D fibril reinforced models in this chapter
(Section 5.5) modeled the functional role of collagen fibril in unconfined
compression of articular cartilage: the high tensile stiffness of collagen acts
in a similar way as the rigid side-wall of a confining chamber, resisting lateral
expansion of the tissue and pressurizing the interstitial fluid considerably to
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produce the pore pressure higher than that in the Isotropic model (Soltz and
Ateshian, 2000).
5.6.1 The effect of fibril reinforcement
5.6.1.1 The effect on pore pressure and fluid load support on
the cartilage surface
When the collagen fibrils were implemented by “UMAT”, the vertical Young’s
modulus in the DT-MRI-3D model was defined lower (0.52 MPa of non-
fibrillar Young’s modulus) than in the Isotropic-3D model (1.13 MPa). This
made the top layer of the tissue deform larger along the vertical direction in
the DT-MRI-3D model (Figures 5.23-5.25) and the interstitial fluid in the top
cartilage layer was pressurized more severely at the ramp loading stage,
compared to the Isotropic-3D model.
Meanwhile, the combined Young’s modulus in the radial direction (3 MPa of
fibrillar tensile modulus plus 0.52 MPa of non-fibrillar Young’s modulus)
which was much greater than that in the Isotropic-3D model (1.13 MPa) at
the beginning of simulation. As the fibrillar modulus was strain-dependent in
the DT-MRI-3D model, it increased as the cartilage was expanded while the
ramp load applied. The higher tensile modulus produced the higher values of
stress along the two midlines (S11 in Figure 5.27(a) except few lower points
and S22 in Figure 5.27(b)) and distributing on the whole cartilage surface
(Figure 5.28 and 5.29), leading to the lower deformation of the top cartilage
layer along the two radial direction of global X- and Y-axis in the DT-MRI-3D
model than in the Isotropic-3D model (Figure 5.22). The pressurization of the
interstitial fluid in the top cartilage layer was greatly enhanced by the lower
radial deformation. So the highest pore pressure (Figure 5.12 and 5.15) and
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fluid load support (Figure 5.13) was produced in the DT-MRI-3D model in
contrast to the other two models.
As all of the collagen fibrils were aligned along the global X-axis and the
fibrillar Young’s modulus was constant but not strain-dependent as that in
the DT-MRI-3D model, the cartilage in the Uniform-3D model was not
reinforced to the similar extent as in the DT-MRI-3D model in the direction of
global Y-axis (Figure 5.29 (b) and (c)). This led to the greatly lower radial
deformation of the top cartilage layer in the direction of global X-axis (Figure
5.22(a)), and the slightly higher deformation along the global Y-axis (Figure
5.22(b)) compared to the Isotropic-3D model. But the vertical deformation of
the top cartilage layer was higher in the Uniform-3D model than in the
Isotropic-3D model particularly at regions near the surface edge (Figure
5.24-5.25) due to the lower vertical Young’s modulus compared to that in the
Isotropic-3D model. All these factors caused by fibril implementation
combined together, and produced the relatively higher pore pressure (Figure
5.12 and 5.15) and fluid load support (Figure 5.13) in the Uniform-3D model
than in the Isotropic-3D model.
5.6.1.2 The effect on pore pressure and fluid velocity inside the
whole cartilage
As the vertical deformation of the cartilage surface centre was set up to be
the same in all of the 3D models in Section 5.3, the radial deformation of the
whole cartilage became the main factor to affect the pressurization of the
interstitial fluid inside the tissue.
For the DT-MRI-3D model, the radial deformation was slightly higher in the
direction of global X-axis (Figure 5.22(a)) but apparently lower along the
- 176 -
global Y-axis (Figure 5.22(b)) than the Isotropic-3D model. This made the
pore pressure distribute completely different inside the whole cartilage in the
two models: the pore pressure with high values only arose around the centre
of cartilage bottom in the Isotropic-3D model ((a) in Figure 5.16 and 5.17);
but in the DT-MRI-3D model, it emerged from the middle zone to the surface
of cartilage ((c) in Figure 5.16 and 5.17) due to the reinforcement of the
collage fibril in the top two layers of cartilage.
The Uniform-3D model had the greatly lower radial deformation of the whole
cartilage in the direction of global X-axis although decreasing from top to
bottom (Figure 5.22(a)), compared to the Isotropic-3D model. This
reinforcement caused by the collagen fibril produced the second and third
highest pore pressure occupying the majority of the volume of cartilage in
the Uniform-3D model, particularly in the cross-section along the global Y-
axis ((b) in Figure 5.16 and 5.17).
Inside the cartilage, the differences of pore pressure at the various parts of
cartilage made the interstitial fluid flow from the parts with higher pore
pressure to the other parts where pore pressure was lower. So the different
distribution of pore pressure determined the magnitude and direction of the
fluid velocity in the three models. In the Isotropic-3D model, the regular
distribution of pore pressure with the high value in the central area of
cartilage ((a) in Figure 5.16 and 5.17) made the fluid flow outward while the
highest fluid velocity emerged along the bottom edge of cartilage parallel to
the global Y-axis ((a) in Figures 5.19 - 5.21). The widely distributing high
pore pressure in the Uniform-3D model ((b) in Figure 5.16 and 5.17)
produced the largest magnitude of fluid velocity on the vertical cartilage
- 177 -
surface in the global Y-Z plane ((b) in Figure 5.18 and 5.21), but it also
caused the lowest fluid velocity in the central volume of cartilage due to the
small differences of pore pressure in this region. As for the DT-MRI-3D
model, the irregular distribution of pore pressure ((c) in Figure 5.16 and 5.17)
led to the disordered fluid flow throughout the whole cartilage ((c) in Figure
5.19 - 5.21).
5.6.2 The influence of the realistic fibril orientation
Compared to the uniformly reinforced model, the implementation of the
realistic fibril orientation in the 3D fibril-reinforced model increased the value
of peak pore pressure by 15% while the peak contact pressure was 4.3%
lower, making the peak value of fluid load support increase from 80.4% to
96.7% (Figure 5.18). While the higher peak pore pressure decreased the
load supported by the solid phase of the cartilage, the lower value of peak
contact pressure would directly reduce the effective coefficient of friction and
protect the cartilage. These results were extremely different from those in
the 2D fibril-reinforced model with realistic fibril orientation - the higher peak
pore pressure (Figures 4.9) was always accompanied by the higher peak
contact pressure (Figures 4.8) which would affect the function of the fluid
load support on protecting the cartilage. The reason leading to this
difference might be the slightly larger deformation of the first cartilage layer
in the DT-MRI-3D model (Figure 5.23) - the oblique fibrils in this layer made
the tissue not reinforced as stiff as in the Uniform-3D model; but the first
layer deformed less in the 2D DT-MRI based model (Figures 4.13).
Another important finding of the 3D fibril-reinforced model implementing
realistic fibril orientation was the load could be further increased to 5.4 N
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which would match the 0.2 MPa pressure applied in the experiment of
unconfined compression (Section 5.4), and the cartilage was able to achieve
the equilibrium after one hour’s creep (Figure 5.26). This made it feasible to
validate the model with the experimental data (Section 5.3) and overcame
the limitation of the 3D fibril-reinforced model.
5.6.2.1 The influence on the stress along the global X-axis (S11)
The values of stress along Midline-X (S11) fluctuated severely on cartilage
surface in the DT-MRI-3D model, while the curves of the other two models
varied smoothly (Figure 5.27(a)). The fluctuation were caused by the
implementation of the realistic fibril orientation derived from the DT-MRI
data: The lower values within fluctuating curve were corresponding to the
apparently large angles between the collagen fibril (principal eigenvectors)
and the cartilage surface (parallel to the X-Y plane) in the first layer of the
DT-MRI pixel grids (Figure 2.2), which were greater than 10° (Figure 2.3 and
2.4). For example, the lowest value was corresponding to the greatest angle
which was nearly 78.3°.
In contrast to the severe fluctuation of S11, the curve of the stress along
Midline-Y (S22) was relatively flat. This was due to the same fibril orientation
implemented in the eight elements along Midline-Y.
5.6.2.2 The influence on the distribution of contact pressure on
cartilage surface
Contact pressure was only calculated on the integration points of the
reduced hexahedral element. So it distributed discontinuously on the surface
of cartilage in all of the three 3D models (Figure 5.14). Similar as the
variation of S11, the curve of contact pressure along Midline-X in the DT-
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MRI-3D model fluctuated frequently (Figure 5.11(a)). The fluctuation was
also produced by the different fibril orientation implemented in the 74
elements along Midline-X.
Implementing the same fibril orientation in the eight elements, the curve of
contact pressure along Midline-Y in the DT-MRI-3D model was nearly
coincide with that of the Uniform-3D model without the influence of the fibril
(Figure 5.11 (b)).
5.6.3 Limitation of the DT-MRI-3D model
The aspect ratio along global Y-axis of the 3D elements was set to be 8:74
in order to save the time of computing. This led to the irregular distribution of
pore pressure along global Y-axis on the bottom of cartilage in the uniformly
reinforced and the fibril-reinforced models, without apparent influence to the
isotropic model (Figure 5.16). However, it did not affect the pore pressure
and fluid load support on the cartilage surface (Figure 5.12-13 and 5.15).
As introduced in Section 5.2.6, only one fibril orientation was implemented to
the eight elements which were defined as an element set in the DT-MRI-3D
model. This was due to the limitation of the DT-MRI data: only one cross-
section with 2mm thickness of the cartilage sample was scanned and no
information related to the orientation could be derived for the fibrils in the
remaining region of the sample. This problem may be solved by scanning
the parallel slices of the sample at different time, with a smaller thickness
such as 0.8mm used in Pierce et al. (2010). With the more detailed data on
fibril orientation, the DT-MRI-3D model would be more realistic.
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In the validation of the DT-MRI-3D model (Section 5.4), the cuboids
geometry of the cartilage sample was a factor to affect the reliability of
curve-fitting the experimental data. As mentioned in Section 5.2, the
cartilage region except the MRI scanning slice did not have related data to
define the orientation of the collagen fibril when a cylinder with the exact
dimension of the sample was used. The method used in the current DT-MRI-
3D model - the element set definition in “DISTRIBUTION” (Section 5.2 and
5.3) is feasible to solve this problem, given the periphery region of the
cartilage cylinder could be omitted to be implemented with fibril orientation.
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Chapter 6 Overall Discussion and Conclusions
6.1 Fibril Reinforced Finite Element Modelling of Articular
Cartilage
Natural articular cartilage is known to be an excellent bearing material with a
very low friction coefficient and wear rate. Theoretical and experimental
studies have demonstrated that the interstitial fluid of cartilage is pressurised
considerably under loading, potentially supporting the applied load and
leading to the low friction coefficient (Forster et al., 1996 and 1999). The low
friction leads to a low shearing stress and potentially reduces wear. The
proportion of the total load supported by fluid pressurisation in articular
cartilage, called the fluid load support, is therefore an important parameter in
biotribology and determined as the main aspect of cartilage behaviour to be
investigated in the current study.
Experimental studies can provide fundamental information on cartilage
biomechanics. However, they are unable to measure a number of
biomechanical parameters within the tissue particularly the fluid pressure
and flow. So it is necessary to use simulation-based numerical methods,
such as finite element analysis to investigate these variables and interpret
the biomechanical and biophysical basis of the experimental results. With
the validation of the availability of validated commercial finite element codes
(Wu et al., 1998), the application of such computational models to predict
cartilage behaviour including biotribology and fluid load support has become
more achievable widespread (Ateshian, 2009).
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6.1.1 Material models of cartilage
As understanding of the structure and behaviour of articular cartilage has
improved over recent years, the material models used in the finite element
analysis of cartilage have also been improving. The earliest single-phase
constitutive models only considered the solid phase of the tissue. This
simplification led to the limited capabilities to describe the time-dependent
response which is mainly caused by the interstitial fluid flow in compressed
cartilage (Kazemi et al., 2013). Hence the single-phase models could not
investigate the role played by the pressurisation of interstitial fluid in tribology
of the joint.
Accounting for the effects of fluid pressurisation, both solid and fluid phases
were considered in the second generation of constitutive models - the
biphasic or the poroelastic models. However, the interstitial fluid pressure
approached the compressive stress when the cartilage was under high
strain-rate compression (Brown et al., 1986 and Miller, 1998) and the peak
fluid load support was measured to be 99% in some cartilage specimens
(Park et al., 2003). Neither poroelastic nor biphasic isotropic models had
enough capabilities to predicted this peak value of fluid load support in
cartilage (Kazemi et al., 2013). The transversely isotropic poroelastic or
biphasic models could predict the high value of fluid load support (Solt et al.,
2013), but had the limitation of not simulating the tension-compression
nonlinearity of cartilage (Bursac et al. 1999).
The fibril-reinforced models were considered as the third generation of the
constitutive models for cartilage, which successfully accounted for the high
pressurization of interstitial fluid in the tissue and overcame the limitation of
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the transversely isotropic poroelastic or biphasic models (Li et al., 1999 and
Soulhat et al., 1999). In the fibril-reinforced models, articular cartilage was
considered as an isotropic porous matrix saturated in water, reinforced by a
fibrillar network (Section 3.2; Figure 1.12). The porous matrix was
nonfibrillar, representing the solid matrix excluding the collagen fibrils. The
nonfibrillar matrix was modeled as a continuous linearly elastic material with
the Young’s modulus and Poisson’s ratio. The collagen fibrils were simulated
separately with nonlinearly elastic or viscoelastic properties in different
models. The stress of the fibril-reinforced material is given by the sum of the
porous matrix and the fibrillar network.
Compared to the second generation of constitutive cartilage models without
fibril reinforcement, the fibril-reinforced model could not only predict the high
fluid pressure in the cartilage under fast compressions (while the fibrillar
nonlinearity was included) but also overcome the limitation of simulating the
tension-compression nonlinearity of cartilage in the transversely isotropic
models (Li et al., 2003). So the fibril-reinforced model was chosen to achieve
the objectives of the current study, with the most widely used continuum
element (Table 1.6) to simulate the collagen fibril.
6.1.2 Realistic orientation of collagen fibril
Various patterns have been used to define collagen fibril orientation in fibril-
reinforced models, but most of them were idealized (Wilson et al. 2004 and
Gupta et al. 2009) or simplified (Li et al. 2009). In contrast, the DT-MRI
method (Meder et al., 2006 and Pierce et al. 2010) was the most realistic. In
this thesis, the angles between principal eigenvectors of the diffusion tensors
captured from the patellofemoral grooves cartilage (derived by Dr Robin
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Damion, School of Physics, University of Leeds) and the planes parallel to
the cartilage surface were analysed in Chapter 2. The distribution of collagen
fibril is consistent with literature particularly the results of Visser et al. (2008)
which was also derived from DT-MRI data (Figure 1.20a). This provided
extra confidence that the principal eigenvectors of the DT-MRI data provided
a reasonable representation of the collagen fibril orientation.
6.1.3 The 2D axisymmetric fibril-reinforced model
The methodology to implement the nonlinearly viscoelastic properties and
orientation of collagen fibril was first applied to the 2D axisymmetric fibril-
reinforced model in Chapter 4. The material parameters used in this model
were selected from Li et al. (2009) which were derived by manually curve-
fitting the experimental data (Li et al. 2003). The comparison of the
preliminary results between the fibril-reinforced models and the Isotropic
model in Chapter 4 clearly showed the function of the fibril reinforcement -
the high tensile stiffness of collagen fibril acted as the rigid side-wall of a
confining chamber resisting lateral expansion of the tissue, and enhanced
the pressurization of interstitial fluid considerably to produce the pore
pressure higher than that in the Isotropic model (Soltz and Ateshian, 2000).
The addition of fibril-reinforcement in the 2D model increased the peak fluid
load support to around 90% from less than 60% in the Isotropic model
(Figure 4.10), regardless of whether that reinforcement was idealised or DT-
MRI-based. This represented a decrease of the load supported by the solid
phase of the cartilage leading to the reduction in solid-to-solid contact, which
explains the low effective time dependent coefficient of friction found
experimentally (McCutchen, 1962; Forster and Fisher, 1996; Ateshian et al.,
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1998; Forster and Fisher, 1999; Krishnan et al., 2004). The frictional shear
stresses were also reduced in turn by the high fluid load support. The
reductions of contact and shear stresses combined together to protect the
natural cartilages from wear and led to their long term survivorship
(Pawaskar, 2010).
6.1.4 The 3D fibril-reinforced model
The two dimensional fibril-reinforced implementing collagen fibril orientation
derived from DT-MRI data could only support a low load (0.2N) and were
unable to achieve the equilibrium after one hour’s creep (Figure 4.18)
accompanying the slowly decreasing fluid load support (Figure 4.11). This
made it difficult to validate the fibril-reinforced model with the cartilage
thickness recorded from the high load experiment. So the 3D fibril-reinforced
models were set up in Chapter 5 in order to overcome the limitation of the
axisymmetric fibril-reinforced models.
In the 3D model implementing DT-MRI data based fibril orientation, the time
of data preparation and computing increased enormously compared to the
2D models. However, the applied concentrated load was increased to 1.1N
with the more impressive results in contrast to the 2D fibril-reinforced model.
Compared to the uniformly reinforced model, the implementation of the
realistic fibril orientation in the DT-MRI-3D model increase the value of peak
pore pressure by 15% while the peak contact pressure was 4.3% lower,
making the peak value of fluid load support increase from 80.4% to 96.7%
(Figure 5.18). While the higher peak pore pressure decreased the load
supported by the solid phase of the cartilage, the lower value of peak contact
pressure would directly reduce the effective coefficient of friction and protect
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the cartilage. These results were extremely different from those in the 2D
fibril-reinforced model with realistic fibril orientation - the higher peak pore
pressure (Figures 4.9) was always accompanied by the higher peak contact
pressure (Figures 4.8) which would affect the function of the fluid load
support on protecting the cartilage. The reason leading to this difference
might be the slightly larger vertical deformation of the first cartilage layer in
the DT-MRI-3D model (Figure 5.23) - the oblique fibrils in this layer reduced
the stiffness compared to the Uniform-3D model. However, the first layer
deformed less in the 2D DT-MRI based model (Figures 4.13).
Another important finding of the 3D fibril-reinforced model implementing
realistic fibril orientation was that the load could be further increased to 5.4
N, which matched the 0.2 MPa pressure applied in the experiment of
unconfined compression (Section 5.4), and the 3D model was able to
achieve the equilibrium after one hour’s creep (Figure 5.26) making it
feasible to validate the model with the experimental data (Section 5.3).
The 3D model was validated by using the modelling result on cartilage
deformation to curve-fit the normalized experimental record of cartilage
thickness. The main factors that influenced the curve of vertical deformation
of cartilage in the 3D fibril-reinforced model were the Young’s modulus of the
nonfibrillar matrix Em and the permeability k. Through manually adjusting the
value of these two parameters, the curve of the 3D model with Em = 0.66
MPa and k = 3.0 × 10-15 m4/(N∙s) successfully achieved the same
equilibrium value as the experimental data with apparent deviation existing
from the start stage until the equilibrium of experiment (Figure 5.30). The
deviation could be reduced apparently by decreasing the permeability to k =
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1.0 × 10-15 m4/(N∙s), although this made those two modelling curves unable
to achieve equilibrium in the experiment time (Figure 5.31). Actually, the
modelling results could curve-fit the experimental data best by adjusting
more parameters in the meantime (Lei et al., 2007). The procedure of Lei et
al. (2007) could estimate six parameters of the fibril-reinforced poroelastic
cartilage model in Li et al. (1999) and could be adapted to other models
under different experimental configuration. This would transfer the validation
of the 3D fibril-reinforced model to the problem of extracting material
parameters from the experimental data. However, the problem of material
parameter estimation was beyond the scope of the thesis and might be the
focus of work in the future.
6.1.5 Limitations
There were several limitations in the 3D fibril-reinforced model. The aspect
ratio along global Y-axis of the 3D elements was set to be 8:74 in order to
save the time of computing. This led to the irregular distribution of pore
pressure on the bottom of cartilage in the uniformly reinforced and the fibril-
reinforced models, without apparent influence to the isotropic model (Figure
5.16). However, it did not affect the pore pressure and fluid load support on
the cartilage surface (Figure 5.12-13 and 5.15).
As only one cross-section with 2mm thickness of the cartilage sample was
scanned, no information related to the orientation were derived for the fibrils
in the remaining region of the sample. The one same fibril orientation was
implemented to the eight elements which were defined as an element set in
the DT-MRI-3D model and made the model less realistic. This problem may
be solved by scanning several parallel slices of cartilage at different time,
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with a less thickness such as 0.8 mm in Pierce et al. (2010) using a cuboids
sample. The increased slices of fibril orientation may also help to solve the
previous problem related to the aspect ratio: the mesh density along global
Y-axis can be increased with equal or less number of elements defined in
the same element set. Furthermore, to use cuboids cartilage sample in the
MRI scanning and compression test could solve the validation problem in
Section 5.4 where different kinds of geometry were used in experiment and
modelling.
For the validation of the 3D fibril-reinforced model, the experimental data
itself may be a factor to affect the curve-fitting - the method used to record
the thickness of the cartilage might underestimate the cartilage thickness
although the deformations were approximately correct (according to Dr
Robin Damion who performed the experiment).
In spite of these limitations, the implementation of “UMAT” (Dr L. P. Li,
University of Calgary) and “ORIENTATION” including “Distribution” made it
possible to investigate fluid load support in the 2D and 3D models reinforced
by collagen fibril, with strain dependent Young’s modulus and realistic fibril
orientation derived from DT-MRI data. The fibril reinforcement enhanced the
pressurization of the interstitial fluid and produced higher fluid load support
on the cartilage surface to protect the tissue from degradation by reducing
solid-to-solid contact.
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6.2 The Conclusions
The major conclusions of this work were:
1) The peak value of fluid load support in both 2D and 3D fibril-
reinforced models was increased to greater than 80% from around
60% compared to the isotropic models, due to the reinforcement by
collagen fibril, regardless of whether that reinforcement was idealized
or derived from the DT-MRI data.
2) The 3D fibril-reinforced model implementing DT-MRI data did have
the capability to support the high load applied in the experiment. The
more important finding was that the cartilage could achieve
equilibrium, hence this model was validated by curve-fitting the
experimental record of cartilage thickness.
3) The implementation of the realistic fibril orientation derived from DT-
MRI data in the 3D fibril-reinforced model increase the value of peak
pore pressure by 15% compared to the uniformly reinforced model
while the peak contact pressure was 4.3% lower, making the peak
value of fluid load support increase from 80.4% to 96.7%.
4) The rationality to define the principal eigenvector as orientation of the
corresponding primary collagen fibril in the fibril-reinforced models
was verified by the positive results in 1), 2) and 3).
5) The feasibility and reliability of the methodologies to implement the
DT-MRI data to the fibril-reinforced models was both confirmed in the
process of validating the 3D model in 3).
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6.3 Further Work
The main predictions of this study were the fluid load support on cartilage
surface and the distribution of the pore pressure and fluid flow throughout
the tissue. The reinforcement of collagen fibrils has been proved to enhance
the pressurization of the interstitial fluid and produced high pore pressure
within the cartilage, leading to the high fluid load support on the surface to
protect the cartilage against friction and wear.
The methodologies and models proposed in this study may be adapted to
investigate other experimental configurations such as indentation and
confined compression. The user subroutine “UMAT” in ABAQUS (Dr L. P. Li,
University of Calgary) had been successfully implemented to set up the
whole joint model (Gu and Li, 2010). The “ORIENTATION” needs much
more detailed DT-MRI information to define the orientation of collagen fibrils
throughout the whole natural cartilages. The high resolution MRI scanning is
difficult to perform on the whole joint and this might be the reason that Gu
and Li, (2010) used the split-line pattern rather than the DT-MRI method to
derive the fibril orientation of natural cartilages.
The material parameters and their values used in the fibril-reinforced models
were selected from Li et al. (2009) which were derived by manually curve-
fitting the experimental data (Li et al. 2003). So the value of each single
parameter can be automatically optimized by the procedure of Lei et al.
(2007) to make the modelling result curve-fit the experimental data best.
The cuboids form of cartilage sample should be used as Pierce et al. (2010),
instead of the cylinder one to make the geometry in the models same as that
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in the experiment. If possible, the cartilage sample would be scanned on
parallel slices of at different time to provide more information to define the
orientation of collagen fibrils throughout the sample and make the fibril-
reinforced models more realistic.
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Appendix B Derivation of the Contribution of Fibillar Matrix
According to Section 3.2.2, the fibrillar stress in the iterative step (t + ઢt) was
calculated as:
ߪ௫
୤(ݐ+ ߂ݐ) = ߪ௫୤(0) + න ܩ௫௧ା௱௧
଴
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬ (B. 1)
Splitting the integration followed by a series of equivalent conversion,
formula (B.1) was rewritten as:
- 209 -
ߪ௫
୤(ݐ+ ߂ݐ) = ߪ௫୤(0) + න ܩ௫௧
଴
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
+ න ܩ௫௧ା௱௧
௧
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
= [ߪ௫୤(0) + න ܩ௫௧
଴
(ݐ− )߬ ܧ௫୤(ߝ௫ )̇ߝ௫ ݀ ]߬
− න ܩ௫
௧
଴
(ݐ− )߬ ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬+ න ܩ௫௧
଴
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
+ න ܩ௫௧ା௱௧
௧
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
= ߪ௫୤(ݐ) + න [ܩ௫௧
଴
(ݐ+ ߂ݐ− )߬ − ܩ௫(ݐ− )߬] ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
+ න ܩ௫௧ା௱௧
௧
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
≈ ߪ௫
୤(ݐ) + න [ܩ௫௧
଴
(ݐ+ ߂ݐ− )߬ − ܩ௫(ݐ− )߬] ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
+ ܩ௫(߂ݐ)ܧ௫୤(ߝ௫ )̇ߝ௫ ߂ݐ (B. 2)
where ܩ௫(߂ݐ)ܧ௫୤(ߝ௫ )̇ߝ௫ ߂ݐis the approximation of the last item in the
step forward i.e. ∫ ܩ௫
௧ା௱௧
௧
(ݐ+ ߂ݐ− )߬ܧ௫୤(ߝ௫ )̇ߝ௫ ݀ .߬
In equation (B.2), ̇ߝ௫ ߂ݐcould be replaced by ߂ߝaccording to the definition
of ̇ߝ௫. So,
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Δߪ௫
୤ = ߪ௫୤(ݐ+ ߂ݐ) − ߪ௫୤(ݐ)
≈ ܩ௫(߂ݐ)ܧ௫୤(ߝ௫ ) ߂ߝ
+ න [ܩ௫௧
଴
(ݐ+ ߂ݐ− )߬ − ܩ௫(ݐ− )߬] ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
Meanwhile, the integration
න [ܩ௫௧
଴
(ݐ+ ߂ݐ− )߬ − ܩ௫(ݐ− )߬] ܧ௫୤(ߝ௫ )̇ߝ௫ ݀߬
was determined in the previous iterative step (Li et al., 2009) i.e. was treated
as a constant in the current iterative step. Hence, the contribution of the
fibrillar matrix to the Jacobian was derived as:
Δ߲ߪ௫
୤ Δ߲ߝ௫
୤/ ≈ ܩ௫(߂ݐ)ܧ௫୤(ߝ௫ )
